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Bioresorbable Composite stents for enhanced response of Vascular Smooth Muscle 
Cells 
Hozhabr Mozafari 
University of Nebraska, 2019 
Advisor: Linxia Gu 
Formation of arterial plaque and stenosis is one of the main cardiovascular disease risk 
factors. Stenting is a popular approach to increase the inner diameter of the artery and 
provide an acceptable lumen gain. This is achieved by applying internal pressure to the 
arterial wall. Despite the desirable outcomes of this procedure, there are complexities and 
challenges that are being discussed among scholars in this area. Restenosis is one of these 
complications, in which smooth muscles cell start proliferation and remodeling in response 
of induced mechanical stresses. Another important issue is the placement of the stent and 
possible migration due to the continuous deformation and special contact state between 
tissue and stent struts. Finally, the mechanical properties of the stent and application of 
novel materials in order to improve its performance are the critical topics that also have 
been elaborated in the current research work. First of all, we developed a multi-scale model 
which is able to calculate load distribution in RVE scale and can be useful to assess the 
mechanical stresses experienced by smooth muscle cells. Moreover, stent migration has 
been simulated by using finite element modeling, and the effect of stent structure on this 
complication has been explained. Finally, the application of novel nano composite 
materials in stent design has been discussed. Developing 3D printed steel-PLLA and Mg-
PLLA particle composites and the effect of added phases in micromechanical properties of 
composites has been evaluated.  
 
 
i 
 
 
Table of contents 
1 Chapter 1: Introduction ............................................................................................ 1 
1.1. Introduction .......................................................................................................... 1 
2 Chapter 2: Resistance of Esophageal Stents: the role of stent design ...................... 5 
2.1. Introduction .......................................................................................................... 5 
2.2. Materials and Methods ......................................................................................... 7 
2.3 Results ................................................................................................................ 11 
2.3.1 Interactions among stent, tumor and esophagus...................................... 11 
2.3.2 Migration dynamics................................................................................. 12 
2.4 Discussion .......................................................................................................... 17 
3 Chapter 3: Mechanical contribution of vascular smooth muscle cells in the tunica 
media of artery .................................................................................................................. 22 
3.1 Load bearing filaments in VSMC cytoskeleton ................................................. 22 
3.1.1 Stress fibers (SFs).................................................................................... 23 
3.1.2 Microtubules (MTs) ................................................................................ 23 
3.1.3 Intermediate filaments (IFs) .................................................................... 24 
3.2 Interaction of VSMCs within the extracellular matrix (ECM) .......................... 25 
3.3 Arterial constituents ........................................................................................... 28 
3.4 Arterial stiffness ................................................................................................. 30 
ii 
 
3.5 VSMC................................................................................................................. 32 
3.6 Mechanical contribution of arterial constituents ................................................ 33 
3.6.1 Experimental studies ............................................................................... 33 
3.6.2 Computational methods........................................................................... 36 
3.7 Summary ............................................................................................................ 38 
4 Chapter 4: Multi-scale modeling of lamellar unit in tunica media of artery ......... 40 
4.1 Introduction ........................................................................................................ 40 
4.2 Materials and Methods ....................................................................................... 42 
4.2.1 Micro-mechanical modeling ................................................................... 42 
4.2.2 Macro-mechanical modeling ................................................................... 45 
4.3 Results and Discussion ....................................................................................... 49 
4.4 Conclusion .......................................................................................................... 54 
5 Chapter 5: Characterization of mechanical properties of 3D-printed PLLA/Steel 
particle composite ............................................................................................................. 55 
5.1 Introduction: ....................................................................................................... 55 
5.2 Experimental procedure ..................................................................................... 58 
5.2.1 3D printing method ................................................................................. 58 
5.2.2 Nano-indentation tests ............................................................................. 60 
5.2.3 Sample preparation .................................................................................. 60 
5.2.4 Nano Indentation Probe ........................................................................... 61 
iii 
 
5.3 Finite element modeling ..................................................................................... 62 
5.4 Results and discussion ........................................................................................ 64 
5.4.1 Experimental results ................................................................................ 64 
5.4.2 Converge study of Indent Depth ............................................................. 65 
5.4.3 Mechanical characterization of phases .................................................... 67 
5.4.4 Homogenization of the PLLA /steel composite ...................................... 70 
5.5 Conclusion .......................................................................................................... 75 
6 Chapter 6: Micromechanical Analysis of Bioresorbable PLLA/Mg composites 
coated with MgO: effects of particle weight fraction, particle/matrix interface bonding 
strength and interphase ..................................................................................................... 77 
6.1 Introduction ........................................................................................................ 77 
6.2 Material and Methods......................................................................................... 79 
6.3 Results ................................................................................................................ 80 
6.3.1 Model validation ..................................................................................... 80 
6.3.2 Effect of bonding condition at the PLLA/Mg interface .......................... 82 
6.3.3 Effect of MgO interphase ........................................................................ 85 
6.4 Discussions ......................................................................................................... 87 
6.5 Conclusions ........................................................................................................ 90 
7 Conclusion and future work ................................................................................... 91 
 
iv 
 
List of Tables 
Table 2-1 Material constants of Nitinol ......................................................................... 9 
Table 2-2 Material coefficients of both esophagus and tumor (units:MPa)................. 10 
Table 4-1 the volume fraction and geometry of RVE constituents .............................. 43 
Table 4-2 Mechanical properties of RVE .................................................................... 45 
Table 4-3 Material coefficients of both adventitia and intima layers .......................... 47 
Table 5-1 Physical and Mechanical Properties of PLLA and 420 Stainless Steel ....... 59 
Table 5-2 Probe’s Parameters ...................................................................................... 62 
 
 
 
 
 
 
 
 
 
 
 
 
v 
 
List of figures 
Figure 2-1 (a) Configurations of the flared stent and straight one; (b) Tumor restricted 
Esophagus. .......................................................................................................................... 7 
Figure 2-2  Stress distribution on the esophageal wall induced by flared stent or (top) or 
straight one (bottom). ........................................................................................................ 12 
Figure 2-3 Snapshots of pulling both (a) flared stent and (b) straight stent, representing the 
initial configuration (A and A*) and peak resistance force (B and B*) ........................... 13 
Figure 2-4 Contact force time history for both flared and straight stents. ........................ 14 
Figure 2-5 The migration resistance force in relation to the migration distance of stents.15 
Figure 2-6 The migration resistance force of the flared stent in response to the wire 
diameter (Top) and the friction coefficient between stent wires and tissue (bottom) ...... 16 
Figure 2-7 Digital subtraction angiography of the esophageal stent placement (a) and 
migration down 1cm after 20 days (b). ............................................................................. 17 
Figure 3-1 Cytoskeleton structure of the cell and the load carrying fibers ....................... 22 
Figure 3-2 Representative circumferential stress–stretch relationship for the 
mouse ascending aorta. ................................................................................................ 31 
Figure 3-3 macro scale model of the arterial wall with three layers (right); arterial VSMC 
and RVE model (left) ........................................................................................................ 38 
Figure 4-1 Distribution of collagen and elastin in LU; Angle of 0 means circumferential 
direction and 90o is along the length of artery [209] ........................................................ 43 
Figure 4-2 the developed RVE model of lamellar unit (LU) ............................................ 44 
Figure 4-3 Macro finite element model of the human blood vessel, dimensions (unit: mm) 
and loading condition. ....................................................................................................... 46 
vi 
 
Figure 4-4 Stress-strain response of the media layer ........................................................ 48 
Figure 4-5 the contribution of VSMC and ECM in load sharing in a healthy carotid aorta 
LU ..................................................................................................................................... 49 
Figure 4-6 the influence of Collagen disruption and elastin fragmentation on the LU 
stiffness ............................................................................................................................. 50 
Figure 4-7 the calculated area of VSMC with respect to the stretch level ....................... 52 
Figure 4-8 arterial expansion with respect to the different VSMC status and collagen/elastin 
ratios; Normal tension (right), hypertension (left). ........................................................... 53 
Figure 5-1 Equipment and schematic of 3D printing PLLA Steel composite, (a) FFF Hyrel 
Hydra 645 3D printer, (b) FFF process schematic ............................................................ 59 
Figure 5-2 Sample geometry of fused filament fabricated PLLA-SS420 composites...... 60 
Figure 5-3 the 3D printed ample with 3 % of particle volume fraction ............................ 60 
Figure 5-4 PLLA-SS420 composite under 20X microscope lens: before polish (left) & after 
polish (right)...................................................................................................................... 61 
Figure 5-5 Hysitron TI 950 Triboindenter ........................................................................ 61 
Figure 5-6 Nano Indentation schematic (left), Three-side pyramidal probe schematic (right)
........................................................................................................................................... 61 
Figure 5-7 the generated RVE model and loading scenarios ............................................ 63 
Figure 5-9 Converge study of indent depth ...................................................................... 66 
Figure 5-10 Surface scanned after convergence study ..................................................... 66 
Figure 5-11 Indentation pattern on steel particle (left) and PLLA matrix (right) ............. 67 
Figure 5-12 SS420 particle under an optical microscope (left); Surface scanned after Nano 
indent by 15µm× 15µm (right) ........................................................................................ 69 
vii 
 
Figure 5-13 Nano indentation response at a region close to the particle’s edge ............... 70 
Figure 5-14 Load sharing capacity of the PLLA/steel composites ................................... 71 
Figure 5-15 the effective elastic modulus of composite under tensile loading ................. 72 
Figure 5-16 the effective elastic modulus of composite under compressive loading ....... 73 
Figure 5-17 the effective elastic modulus of composite under shear loading ................... 74 
Figure 5-18 Stress distribution of PLLA/steel composite with volume fraction of  3% under 
different loading scenarios (imperfect bonding) ............................................................... 75 
Figure 6-1 Three-dimensional representative volume element at different weight fractions 
of Mg particles. ................................................................................................................. 80 
Figure 6-2 Comparison of the effective Young’s modulus (Ee) obtained from the 
representative volume element model, experimental data, and the analytical derivations 
from the Mori-Tanaka approach. ...................................................................................... 82 
Figure 6-3 The effect of bonding intensity on (a) Effective Young’s modulus; (b) and yield 
strength of PLLA/Mg composites. .................................................................................... 83 
Figure 6-4 Contour plots of Mises stresses (GPa) of PLLA/Mg with Mg (wt. 1%) for 
perfect and imperfect bonding conditions ......................................................................... 84 
Figure 6-5 Effect of bonding strength on the load-sharing capacity of the PLLA/Mg 
composites, left) Perfect bonding; right) Imperfect bonding ............................................ 85 
Figure 6-6 the influence of MgO coating layer on effective Young’s modulus of the 
composites with different Mg weight fractions. ............................................................... 86 
Figure 6-7 the influence of MgO coating layer on the yield strength of the composites with 
different Mg weight fractions. .......................................................................................... 87 
viii 
 
Figure 6-8 Hydrogen evolution during immersion of uncoated, MgO-coated and Si/MgO-
coated in SBF solution for duration of 168 h [28]. ........................................................... 89 
 
 
 
 
 
 
 
1 
 
 
1 Chapter 1: Introduction 
 
1.1. Introduction 
Cardiovascular disease (CVD) is defined as an inclusive term for several linked 
pathologies, commonly defined as coronary heart disease (CHD), cerebrovascular disease, 
peripheral arterial disease, rheumatic and congenital heart diseases and venous 
thromboembolism. Globally CVD accounts for 31% of mortality, the majority of this in 
the form of CHD and cerebrovascular accident [1].  
According to the World Health Organization (WHO), over 75% of CVD is preventable 
(when they are at initial stages), however, aging effect, which is a well-known risk factor, 
causes an inevitable development of CVD [1].  
Formation of arterial plaque and stenosis is one of the main CVD risk factors. It has 
been reported that severe stenosis is observable among large percentage of aging 
population particularly elderly people with diabetes, hyperlipidemia, aortoiliac occlusive 
disease, coronary artery disease, or hypertension. [2]. Stenosis is a progressive disease that 
may happen alone or in combination with other diseases such as hypertension and ischemic 
kidney disease [3]. Two common strategies to treat the patients with severe stenosis are 
aggressive medical therapy and using medical tools such as angioplasty and stenting 
methods [4]. The later one focuses on increasing the inner diameter of artery to provide an 
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acceptable lumen gain. The is achieved by applying internal pressure to the arterial wall by 
using inflating balloon or expanding stent.  
Another complication with stenosis treatment procedure is the occurrence of restenosis. 
It has been reported that for coronary angioplasty the rate of restenosis is 30 to 60 percent, 
which can be categorized by two parts. The first part, recoil and remodeling of interior wall 
of the treated artery. The second part is called intimal hyperplasia, which is the proliferative 
response to injury and consists of smooth muscle cells and matrix formation [5]. It is 
reported that stents provide a luminal scaffolding that decrease recoiling which can reduce 
the risk of restenosis. However, placement of stent cannot prevent the proliferative 
behavior of restenosis components.  
Restenosis is a vascular repair mechanism as a response to vascular injury caused by 
expansion of angioplasty balloon or stent. The process is governed by cells proliferation, 
migration, remodeling, and extracellular matrix secretion [6]. The term of arterial 
remodeling used to know as any variations in arterial wall structure. In normal arteries, 
remodeling is a homeostatic response to alteration in the blood flow and circumferential 
stretch to restore normal shear stress and wall tension. There are many studies on the effect 
of flow shear stress on remodeling, however, the effect of stretch and arterial expansion on 
remodeling in not very well understood [7]. It has been reported that endothelial disruption, 
fracture of internal elastic lamina, and dissection of the media might cause the initiation of 
restenosis. Formation of thrombus is the first step of restenosis in which Vascular Smooth 
Muscle Cells migrate, synthesis matrix and collagen, and promoting neointimal formation. 
The mechanism of this phenomenon is not clear yet. Mechanical response of VSMC, 
endothelial denudation, release of mitogens and cytokines from platelets are among the 
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suggested mechanisms for VSMCs migration and proliferation [8]. Mechanical load is an 
important modulator of VSMC morphology and function in many tissues, especially 
cardiovascular system. It is reported that VSMC hypertrophy and proliferation is related 
with high mechanical loads. However, in order to identify the contribution of arterial 
expansion of VSMC mechanical load, researchers must relate the stretch of tissue and 
deformation in micro scale [9]. Due to the difficulties with experimental methods, 
computational modeling can be used to study the effect of arterial expansion of VSMC 
loading. In the current research a micro-structure model of media layer is developed which 
can help the scientists to determine mechanical response of VSMC under arterial 
expansion. The model can be coupled with a macro scale model of artery and treatments 
such as angioplasty and stenting can be performed.  
Another important point about stenting is the placement and stent migration. The 
movement of stent after placement can cause many problems. This late complication 
happens for esophageal and biliary duct stenting (0-40 %). In most cases, the stent 
dislocates naturally because of contraction and relaxation of tissue wall [10]. An example 
of this complication is esophagus stenting. Palliative treatment of malignant tumor or 
obstruction of the esophagus has been observed among aging population. Using self-
expandable metal stents have been suggested to keep the tract open. However, the risk of 
migration due to the peristalsis movement of tract wall was high. Therefore, a new design 
with larger proximal ends was suggested to provide an anchoring effect. The design 
focused on the inducing sufficient radial force. On the other side, high mechanical stresses 
can cause restenosis and tissue injury. Therefore, a study is needed to correlate the stent 
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design and induced reaction forces in tract wall, which will be helpful for designers and 
clinicians to come up with optimum stent structures [11].  
The last but not the least topic that will be covered in this research work is the novel 
material application for stent design. By introduction of composite materials, at least two 
different materials could combine and make a novel material which benefits from the 
characteristics of each constituent. A composite material basically consists of a matrix and 
a filler phase which can come with different shapes such as long fibers, short mat, and 
particles [12]. Depends to the size of filler the resulted composite can be classified as a 
nanocomposite. In this work the application of nanocomposite as a suggested material for 
stents is discussed. 
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2  Chapter 2: Migration resistance force of Esophageal Stents: the role 
of stent design 
2.1. Introduction 
Esophageal cancer (EC) is the sixth most common cancer and rarely curable with high 
morbidity and mortality all over the world [13]. Mostly, the patients suffering from EC are 
diagnosed at later or advanced stage, which are unfavorable for surgical resection. The 
survival rate of patients accepting surgical resection is poor with a 5-year survival of 15–
34% [14]. Moreover, palliative care of serious illness like malignant stricture is to relieve 
the symptoms but unable to inhibit the tumor cells, which is the prime concern in curing 
EC [15]. Stent, a mesh structure serving as a scaffold to open the palliate esophageal 
stricture and relieve dysphagia, is becoming a common EC treatment option for improving 
the quality of life of patients[16]. Various self-expanding metal stents have been developed 
for this purpose. Major complications include stent migration, tumor ingrowth, and tissue 
perforation [17, 18]. Homann et al. [19] investigated 164 self-expanding stents implanted 
in malignant strictures of the esophagus or the esophagogastric junction, and observed 
more stent migration and fewer food impactions in patients implanted with covered stents 
than with uncovered ones. Most existing efforts focus on the covered materials [20] and 
their anchoring technique [21]. For example, the endoscopic clip at the upper flare of the 
covered esophageal stent was considered as one promising means to reduce stent migration 
[21].   
The stent shape was also considered as an important factor influencing stent migration. 
The most common implementation in the design of esophageal stents was the relatively 
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wider proximal and distal ends, which were used to increase the radial force and reduce the 
risk of stent migration [22]. Sharma et al. [23] have conducted a critical review of the 
efficacy of esophageal stents and implied that the underlying mechanism of stent migration 
and tumor in-growth could be clarified quantitatively. Kajzar et al. [24] illustrated the 
mechanics of the a stent-esophagus system with focus on the crimping and expansion of 
esophageal stent. Even though Park et al. [17] classified four levels of stent migration in 
patients with malignant esophageal stricture, the underlying mechanisms of stent migration 
away from the esophageal stricture, especially the initiation process, remained unclear. 
Moreover, the quantitative study of stent-esophagus interaction for evaluating stent 
migration was lacking [25], nonetheless computational modeling of stents has been 
extensively used for design and analysis [26-29]. Specifically, layered esophageal wall 
were modeled to illustrate the mechanics of the gastroesophageal junction [30] and the 
interface mechanics between the muscle layer and the mucosa–submucosa layer [31]. 
The goal of this work is to characterize the interactions between the stent and 
esophagus, to shed light on the mechanism of stent migration as well as to design better 
esophageal stents. We utilized the finite element approach to depict and compare the 
mechanics of the esophagus with a malignant stricture, after implantation of self-expanding 
nitinol stents, with and without flared ends. After stent deployment in the esophagus, the 
lumen gain, strut malapposition, Von Mises stress distributions on the wall of the 
esophagus, and radial contact force between the stent and esophagus were evaluated for 
both stents. Moreover, both stents were pulled longitudinally at one end to mimic the worst-
case scenario for stent migration. The dynamic sliding forces versus the stent displacement 
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were monitored. The obtained results might lead to better design of the next-generation 
esophageal stents with reduced migration rates.  
 
2.2. Materials and Methods 
A three-dimensional geometry of the WallFlex stent (Boston Scientific, Massachusetts, 
USA) with and without flared ends was constructed as shown in Figure 2-1. For the stent 
without flared ends, the total length was 100 mm and the outer diameter was 18.22 mm. 
For the flared stent, the middle section had the same diameter as the straight stent with a 
length of 64 mm, while the flared ends had a diameter of 24.22 mm with a length of 9 mm 
at each end. Both esophageal stents were braided using 28-strand of wires with the diameter 
of 0.4 mm and pitch angle of 45º [23].  
 
Figure 2-1 (a) Configurations of the flared stent and straight one; (b) Tumor restricted Esophagus. 
The esophagus was assumed to be a uniform cylinder with a length of 150 mm, an inner 
diameter of 16 mm, and a wall thickness of 3 mm [25]. The simplified esophagus tube has 
been used for understanding the food transport [32], and stent-esophagus system [24]. The 
eccentric-shaped tumor with a maximum thickness ratio of 2:1 spanned across the 60 mm 
 
 
a 
 
 
b 
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of esophagus and resulted in a minimum lumen diameter of 6 mm, i.e., a diametrical 
stenosis ratio of 62.5 % (Figure 2-1b). The tumor length was shorter than the middle section 
of the flared stent, and this warranted the same stent-tumor interactions for both stent 
deployments. After preliminary simulations, we constructed half of the model by applying 
symmetry boundary conditions along the z plane (Uz=URx=URy=0) in order to reduce the 
computational time.   
The stent was made of nitinol which underwent phase transformation between austenite 
and martensite during one loading cycle [33]. The superelastic behavior of shape memory 
alloys can be simply understood as the phase transformation of austenite and martensite 
under stress. Based on free energy function and dissipation potential, the model is assumed 
that there is a relationship between the martensitic constant M and the austenite constant
A : 
1=+ AM   (1) 
The elastic modulus of Nitinol can be represented as a linear function of martensite 
volume fraction 
AMMMf EEE )1(  −+=  
(2) 
where fE , ME and AE are the elastic modulus of alloy, martensite and austenite, 
respectively.  
The stress-strain relation is given according to the generalized Hooke's law as follows: 
))(( 0 trff TTC  −−−=  
                                     (3) 
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where  is the total strain the SMA, T0 is the reference temperature, tr is the phase 
transformation strain,  is the thermal coefficient, f and fC are the stress and elastic 
tensor, respectively. Therefore, an incremental constitutive law can be expressed as: 
))()(( MMMff TC  −−=  
(4) 
The main parameters of the constitutive model of nitinol alloy under isothermal 
conditions were listed in Table 2-1 [34]. The constitutive model was implemented through 
a built-in ABAQUS user material subroutine (UMAT) [35].  
Table 2-1 Material constants of Nitinol 
Property Value Definition 
AE  
50 GPa Austenite elasticity 
ME  
37 GPa Martensite elasticity 
s
M  
400 MPa Starting transformation stress of loading 
f
M  
650 MPa End transformation stress of loading 
s
A  
350 MPa Starting transformation stress of unloading 
 f
A  
80 MPa End transformation stress of unloading 
L  0.055 Maximum residual strain 
 
The hyperelastic behaviors of the tissue, including both esophagus and tumor, were 
adopted from the published experimental datasets [34, 36], which were fitted using the 
reduced polynomial constitutive equation below:   
𝑈 = ∑ 𝐶𝑖𝑗(𝐼1 − 3)
𝑖(𝐼2 − 3)
𝑗
3
𝑖,𝑗=1
 
(5) 
where, I1 and I2 are the first and second invariants of the Cauchy-Green tensor and  
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𝐼1 = 𝜆1
2 + 𝜆2
2 + 𝜆3
2 (6) 
𝐼2 = 1/𝜆1
2 + 1/𝜆2
2 + 1/𝜆3
2 (7) 
The obtained material coefficients Cij are listed in Table 2-2.  
Table 2-2 Material coefficients of both esophagus and tumor (units:MPa) [35] 
Esophagus 
(Based on the axil testing of mucosa) 
C10 = -0.0268 
C01 = 0.0479 
C20 = 0.81218 
C11 = -1.7233 
C02 = 0.98173 
Tumor 
C10 = 0.039 
C20 = 0.0031 
C30 = 0.02976 
 
The stent crimping process was simulated by applying radial inward displacement on 
the outer surface of the stent. The self-expanding process was captured by removing the 
displacement constrains. No relative movement between braided wires was allowed to 
mimic the role of the cover on the stent. The residual stresses of the esophagus tissue under 
physiological loading conditions were not considered for this comparative study [37]. The 
friction coefficient of 0.1 was adopted for the contact between the stent wires and tissues 
[38]. The mesh convergence study was conducted, and the esophagus and tumor were 
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meshed with 125,000 and 21,456 elements (C3D8R), respectively. The stent was 
constructed by 11,200 B31 elements which are two-node elements with one integration 
point in the middle and have been used for modeling of stents [39, 40]. 
Following the stent deployment in the esophagus, a longitudinal displacement of 60 
mm was prescribed on the left end of the stent till it slid through the esophagus. The 
required sliding force during the sliding process was monitored.  
 Results 
2.3.1 Interactions among stent, tumor and esophagus 
Stent lumen enlargement and stress distribution are shown in Figure 2-2. The minimal 
lumen diameter increased from 6 mm to 17.15 mm and 16.91 mm for the flared stent and 
straight one, respectively. The stent ends resulted in an increased lumen diameter from 16 
mm to 24.09 mm and 18.06 mm for the flared stent and straight one, respectively. The 
incomplete stent strut apposition, also referred to as malapposition, was characterized by 
the area of the non-contact region between the stent and tissue. The malapposition area was 
532.80 mm2 and 171.04 mm2 for the flared stent and the straight one, respectively. The 
corresponding maximum gap between the stent and the tissue was 2.29 mm and 0.746 mm 
for the flared and straight stents, respectively. It is clear that the flared stent induced more 
malapposition compared to the straight one.  
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Figure 2-2  Stress distribution on the esophageal wall induced by flared stent or (top) or straight one 
(bottom). 
The critical point based on Von Mises stress in the esophagus was located in the middle 
of the tissue, specifically at the narrowest lumen region, regardless of stent designs. The 
peak stress on the esophageal wall was approximately 520 kPa induced by the straight stent 
and 530 kPa by the flared stent. The stress distributions on the middle region of the stented 
esophagus were similar for both stents. However, the Von Mises stress at the flared-end 
region was up to 410 kPa, which was much higher than that induced by the straight stent. 
The peak stress of esophagus were within the reported ultimate tensile strength of muscle 
layer, i.e., 425-530 kPa [41].  
 
2.3.2 Migration dynamics  
  The dynamics of stent migration were studied by pulling both expanded stents out of 
the esophagus as illustrated in Figure 2-3. The anchoring effect of the flared end and 
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straight one is demonstrated using snapshots. As the right end of the stent was about to 
pass the narrowest tumor location, the maximum pulling force, also referred to as the 
migration resistance force, occurred for both stents. Afterward, a decline in the magnitude 
of force was observable when the stent was leaving the tumor region.  
 
 
Figure 2-3 Snapshots of pulling both (a) flared stent and (b) straight stent, representing the initial 
configuration (A and A*) and peak resistance force (B and B*) 
During the pulling, the contact forces at the stent-tissue interface were monitored as 
shown in Figure 2-4. The contact force here excluded the middle section of both stents with 
a length of 64 mm due to the minimal variations between stents. Clearly, the flared ends 
induced a higher contact force than the straight one. Before the stent migration initiated at 
0.04 s, the contact forces were 31.5 N for the flared stent and 6.6 N for the straight one. 
The pulling motion dramatically increased the corresponding contact force up to 741 N and 
273 N, respectively. Considering the flared end was only half the length of the straight one, 
the flared end design boosted the contact even more. The higher contact force implied a 
larger migration resistance potential.  
14 
 
 
Figure 2-4 Contact force time history for both flared and straight stents. 
Figure 2-5 depicts the migration resistance force during the pulling process. The flared 
stent exhibited a sharp increase in the migration resistance force. After reaching the peak 
magnitude, i.e., overcoming the tumor edges (Figure 2-3), an abrupt decline in resistance 
force was observed. The uniformity of the straight stent resulted in the gradual change in 
the migration resistance force. In addition, the peak migration resistance force for the flared 
and straight stents were 535 N and 310 N, respectively. This indicated that the required 
axial load to move the flared stent through the esophagus is 72.5 % higher than that for the 
straight stent. In addition, the anchoring effect could be calculated as the elastic strain 
energy, which was 9 J and 4.8 J for the flared and straight stents, respectively. 
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Figure 2-5 The migration resistance force in relation to the migration distance of stents. 
The role of the nitinol wire diameter and the friction coefficient between stent wires 
and tissue on the migration resistance force were depicted to facilitate a better design of 
the stents (Figure 2-6). The wire diameter impacted the migration force dramatically. 
Specifically, the migration resistance force of the stent with a wire diameter of 0.6 mm was 
834 N which is 56.5 % and 164 % greater than that for the stents with wire diameters of 
0.4 mm and 0.3 mm, respectively. Moreover, the peak migration force was delayed with a 
thinner wire. This could be explained by the rigidity of the stent, which was reduced with 
a thinner wire.  
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Figure 2-6 The migration resistance force of the flared stent in response to the wire diameter (Top) and 
the friction coefficient between stent wires and tissue (bottom) 
The friction coefficient between the wires and tissue also influenced the migration risk 
of the stents. The migration resistance responses demonstrated the same trend.  The 
maximum migration resistance forces for the friction coefficients of 0.1, 0.2 and 0.3 were 
535 N, 639.42 N and 741.91 N, respectively. A larger friction coefficient of 0.3 caused 
38.67 % enhancement of the migration resistance force, compared to the coefficient of 0.1.  
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 Discussion  
Esophageal stent insertion provides a substantial advantage in the management of 
dysphagia in patients with malignant esophageal obstruction. However, stenting 
complications compromise the quality of the patient’s life. Stent migration is one of the 
major complications associated with esophageal stent implantations [42-44]. Figure 2-7 
illustrates that the esophageal covered stent migrated downward 1 cm after 20 days of 
placement for treating the gastroesophageal anastomotic fistula of a 65-year old male 
patient. The informed consent was obtained from the patient to showing the image, which 
was achieved from digital subtraction angiography (DSA) during stenting procedure. 
Despite the extensive clinical observations regarding esophageal stent complications, there 
are limited studies on the mechanistic understanding of stent migration.  
 
Figure 2-7 Digital subtraction angiography of the esophageal stent placement (a) and migration down 
1cm after 20 days (b). 
This motivated us to test the role of flared ends, braided wire diameter, and the friction 
coefficient between wires and tissue on stent migration. We utilized the finite element 
  
(a) (b) 
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method, which has the advantage of replicating the physical problems with low-cost 
complex geometry, compared to both experimental tests and analytical methods. 
Experimental tests are usually expensive to conduct and difficult to isolate specific 
parameters. Analytical methods are limited to idealized geometries and boundary 
conditions. In this work, we have constructed finite element models to simulate the 
deployment of stents in the esophagus and then applied axial loading to characterize the 
migration risk of the stents.  
Our modeling framework was validated against the published experimental data of a 
braided self-expandable Wallstent (Boston Scientific, Natick, MA) by Jedwab and Clerc 
[45]. The aforementioned modeling techniques were used to construct a braided Wallstent 
with a nominal length of 87.5 mm, braiding strand number of 24, braiding angle of 30.85o, 
strand diameter of 0.22 mm, and outer diameter of 17.15 mm. The stent was made of 
Cobalt-Chromium-Nickel (Co-Cr-Ni) alloy with a Young’s modulus of 206 GPa, shear 
modulus of 81.5 GPa, and yield strength of 2.5 GPa. Our simulation of the axial tension of 
the stent agreed very well with the experimental and theoretical data. Following the 
validation, our models could be used to delineate the interaction between the stents and 
tissue and to predict the tendency of stent migration. 
Our results have demonstrated that the flared ends induced a much larger radial contact 
force (Figure 2-4). Following stent deployment, the contact force of the flared ends was 
4.77 times more than that of the straight ones. The contact force of the flared ends per unit 
length was 9.54 times larger than that of the straight ones. This could be explained by the 
overstretch of the esophageal wall at the flared ends. This implied that the flared ends serve 
as anchors to maintain the deployment location and mitigate stent migration. However, 
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larger contact force led to higher stresses on the esophageal wall for both stents. This might 
cause the esophagus damage and failure. Stavropoulou et al. [46] studied the failure criteria 
for mucosa-submucosa and muscle layers of esophagus. The ultimate tensile strength of 
mucosa-submucosa and muscle layers were reported as 1149 kPa and 425-530 kPa, 
respectively. The stronger mucosa-submucosa layer was associated with its higher collagen 
content. The higher peak stress of esophagus induced by flared stent could lead to a higher 
probability of tissue failure.  
The esophageal contraction is usually preceded by a transient variation of pressure in 
radial and longitudinal directions. This may represent tongue or laryngeal movement or 
changes in respiration coincident with the initiation of the swallow [47]. Even though the 
peristaltic contraction was essential for bolus transport through esophagus tube [48, 49], it 
could be simplified as the axial pulling of the stent through the esophagus for the 
comparative study of the migration risk. 
During the pulling of the stents, much more work was required to initiate the sliding 
of the flared stent than the straight one (Figure 2-5). In addition, the straight stent sliding 
initiated gradually, and the flared stent exhibited a sharp resistance force with a larger 
magnitude. Again, this was due to the anchoring effect of the flared ends.  
Our results provided the quantitative datasets for better understanding the observations 
in both clinical trials and animal studies. Els et al. [44] examined 46 patients and found that 
flared stents mitigated stent migration. A rabbit study also demonstrated that a flared 
prostatic stent helped to reduce migration compared to its straight counterpart [50].  
20 
 
Various sizes of wires have been used to braid the stent. Our results have shown that 
a doubled wire diameter increased the migration resistance force by 1.64 times. This 
indicates that a thicker wire for the stent could be adopted for reduced probability of 
migration. This could be explained by increased stiffness of the stent as fabricated using 
thicker wires.  
We also tested how the friction coefficient between stent wires and tissue affects the 
migration resistance since this coefficient was rarely reported. Usually an assumed value 
was adopted [25]. It was found that the friction coefficient has a impact on the risk of stent 
migration. If we tripled the friction coefficients, the peak migration resistance force was 
38.67 % larger. This indicated that the surface treatment of the stent wires, or struts, for 
increasing the friction coefficient, could also prevent the risk of stent migration.   
In the present model, the relative movement of the braided wires was constrained to 
mimic the covering effect commonly used in commercial esophageal stents. The 
anatomical details of the esophagus including the stellate appearance of the inner 
esophageal layer [25] was simplified as an esophagus tube with a friction coefficient. A 
range of friction coefficients were used depending on relative movement between the stent 
and the esophageal wall [22]. A larger friction coefficient was commonly associated with 
the less migration risk. The feasibility of the model was validated in our previous work [51, 
52]. The esophagus was modeled as a one-layer tube [24, 53], although it is assumed as 
two layer [54, 55] or three layer wall [56] depending on the aim of the study. The detailed 
configurations of esophageal wall could alter our results in terms of magnitudes, but the 
comparative results between two stent designs was expected to be the same. The material 
properties of the esophagus and cancerous tissue were assumed to be homogeneous 
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isotropic materials, although they are anisotropic [57]. The perfect plasticity for cancerous 
tissue was assumed due to lack of experimental data. More realistic models considering 
patient-specific geometry and anisotropic three-layered esophageal wall properties would 
change the contact force and the migration resistance force. The existence of pre-stretch 
along axial and circumferential directions at physiological conditions [37] as well as the 
esophageal muscle contraction were not explicitly incorporated in our model, we speculate 
that the both pre-stretch and wall contraction were associated with the reduced friction 
between stent and esophagus, and thus a higher migration rate. Despite these 
simplifications, this work demonstrated the importance of the stent design on the risk of 
migration, which might have significant clinical implications. This work could be used to 
provide a fundamental understanding of the behavior and impact of stent design on the 
esophageal wall, provide guidance for optimizing stent shape and surface profiles, and 
illuminate the possibilities for exploiting their potential to prevent migration.   
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3 Chapter 3: Mechanical contribution of vascular smooth muscle cells 
in the tunica media of artery 
 Load bearing filaments in VSMC cytoskeleton  
The cytoskeletal of vascular smooth muscles encompasses filaments and organelles. 
The density and number of these components can vary with respect to different internal 
and external signals [58, 59]. The filaments inside cytoskeleton can be classified as actin 
stress fibers (SFs), microtubules (MTs), and intermediate filaments (IFs), as shown in 
Figure 3-1. 
 
Figure 3-1 Cytoskeleton structure of the cell and the load carrying fibers  
These filaments play a principal role in the mechanical properties of vascular smooth 
muscle cells including proliferation [60], differentiation [61, 62], cell migration [63], and 
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apoptosis [64, 65]. Therefore, mechanical properties of these fibers are critical for the 
deformation and stability of vascular smooth muscle cells.  
3.1.1 Stress fibers (SFs) 
It has been reported that stress fibers (SFs), which mainly aligned in major axis of the 
cell, are the principal contributor to contractile forces through actomyosin activation [66]. 
Deguchi et al. [67] performed tensile tests of SFs by isolating these fibers from cultured 
bovine VSMCs. Each SF is composed of a bundle of actin filaments (AFs). These bundles 
are held together by the actin-crosslinking protein α-actin. The elastic modulus of SFs was 
approximately 1.45 MPa which was three orders of magnitude lower than that of single AF 
(1.8-2.6 GPa) [68]. On the other hand, the breaking force of single AF was determined to 
be 600 pN, whereas the breaking force of a single SF is approximately 380 nN, i.e., 600 
times higher. In addition, the stress-strain relation was linear for the single AF, although 
SFs exhibited a highly non-linear strain-induced hardening behavior [69]. Cell contraction 
is based on two vital structures, SFs and focal adhesion sites. Rho GTPase promotes the 
formation of SFs and cell adhesion sites, resulted in higher contractility [70]. It is reported 
that the tension applied to focal adhesions increased from 10 nN to 100 nN upon 
contraction of the VSMCs [71]. Moreover, disruption of SFs during the tensile tests 
decreased the cell’s stiffness by 50 % [72].  
3.1.2 Microtubules (MTs) 
Microtubules (MTs) have a cylindrical shape with inner and outer diameters of 14 and 
25 nm [73]. MTs are rigid filaments with bending stiffness of 100 times higher than that of 
AFs and with elastic modulus of 1.2 GPa [74]. MTs have a remarkable contribution in 
stabilization of cells elongation through attaching to the cell membrane via certain capping 
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proteins [75]. The contribution of MTs on cell locomotion and migration by regulating of 
actin polymerization has been reported [76]. Kato et al. [77] showed that tracheal fusion 
cells form polarized microtubule bundles oriented towards the leading edge of migrating 
cells. The function of these microtubules is twofold: to concentrate E-cadherin to the newly 
contacted cell interface and to initiate the formation of new adherent’s junctions. 
Microtubule depolymerization enhances isometric contraction of vascular smooth muscle 
cell, which is not receptor dependent [78]. Besides the principal contribution of SFs in 
contractility and MTs in migration, MTs are acknowledged to indirectly affect the 
contractility of VSMCs. Specifically, MTs growth favors dissolution of focal adhesions, 
whereas disruption of MTs leads to enhanced cell contractility by formation of SFs and 
focal adhesions [79]. In addition, disruption of the MTs decreased the tensile stiffness of 
VSMCs by 30 % at large strain levels. Insignificant contribution of MTs was observed 
under small tensile strain which stem from wavy morphology of these fibers [72].  
3.1.3 Intermediate filaments (IFs) 
The intermediate filament (IF) network is one of three cytoskeletal systems. IFs are 
widely distributed from the plasma membrane to nucleus, providing mechanical and 
structural integrity for the cell [80]. In conjunction with associated proteins, IFs generate 
networks that serve to generate and support cell shapes. Spatial reorganization of IFs along 
with the development of SFs make VSMCs able to adjust their contraction/relaxation 
states. Moreover, the dynamic IFs play a crucial role in regulating various cellular functions 
including signal transduction; tension development; cell division and migration [81]. The 
IFs, with the diameter of approximate 10 nm, have been grouped into five types, or 
sequence homology classes (SHC), on the basis of amino-acid-sequence identity [82]. The 
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most prominent IFs in VSMC cytoskeleton is vimentin, which forms a dynamic network 
and varies during contraction [83]. The elastic modulus of IFs has been reported in the 
range of 300-900 MPa [84]. The contribution of IFs in tensile properties of SMCs is 
remained to be determined even though IFs play important roles in tensile properties of the 
cells during large deformation [85]. Green et al. [86] speculated that it is impossible to 
disrupt IFs themselves due to the interaction between IFs and AF structure.  
Although the characteristics of each filament in the VSMCs cytoskeleton has been 
studied separately, the intracellular force balance, contraction, and cell stiffness are 
strongly influenced by the interaction of cytoskeleton with extracellular matrix (ECM) and 
signaling pathways as described below. 
 Interaction of VSMCs within the extracellular matrix (ECM) 
Structural constituents of ECM, that regulate its passive mechanical behavior, are elastin 
fibers, collagens, and glycosaminoglycans (GAGs) [87]. Interaction of these structural 
constituents and VSMCs can trigger significant variations of stiffness of both ECM and 
VSMCs. The adhesive glycoproteins fibronectin and laminin form connections between 
ECM and VSMCs via specific integrin receptors. Fibronectin is a multifunctional adhesive 
protein present in the plasma and also synthesized by vascular cells [88]. VSMCs express 
both β-1 and β-3 integrins and [89] demonstrated greater functional significance in 
adhesive processes of β-3 integrin essential for SMC migration. On way to study the 
interaction between VSMC (and other cells in general) and ECM is to culture the cell on 
substrate and study the deformations under different circumstances [90]. Adhesion rate, 
spread area, cytoskeletal assembly, and focal adhesion signaling was evaluated by culturing 
VSMCs on substrates with different stiffness and coated with fibroactin- or laminin- [91]. 
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When VSMCs were cultured on fibroactin substrates with varied mechanical gradient, it 
was found out that cells preferentially migrate toward stiffer regions [92, 93]. On the other 
side, Hartman et al. [94] observed the migration of VSMCs toward the stiffer region of 
gradient substrate coated with fibroactin, whereas the migration on laminin-coated gradient 
substrate appeared to be random. This observation indicated that the deformation and 
migration of VSMCs are not only dependent on the stiffness of ECM but also the type of 
interacting proteins and the engaged integrins [91].  
The ECM stiffness can also affect the phenotype of VSMCs [95]. A stiffer ECM led to 
synthetic phenotype in the VSMC. Specifically, the VSMC decreases the number of 
cytoskeletal filaments and exhibits lower stiffness than that of contractile phenotype. 
Fibronectin drives cells away from the contractile phenotype in vitro, whereas laminin has 
been shown to conserve it [96]. Cell culture in 2D has been widely used to study the 
mechanotransduction of VSMCs due to ease of handling, maintenance, and application of 
mechanical loads [97-99]. However, culturing cells on a 2D substrate affects the cellular 
deformation, adhesion force and stiffness. To address this issue, engineering 3D gels [100] 
or scaffolds [101, 102] as the cell culture environment has been suggested. 
Artery and its cellular components are continuously exposed to hemodynamic stimuli 
including cyclic strain, flow shear stress, and blood pressure [103, 104]. These mechanical 
loadings correlated with VSMC behaviors, ECM remodeling, and vasoregulation [105]. 
Cyclic mechanical stimulation possesses dual effect on proliferation of VSMC [106], 
enhance the collagen production [107], and increases the capability of transformation from 
synthetic SMC phenotype into contractile phenotype [108]. A cyclic tensile strain of 5% 
reduced SMC proliferation [109]. Conflicting variation of VSMCs phenotype with respect 
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to the level of cyclic loading has been reported [110], whereas over-expression of 
contractile phenotype proteins has been observed [111-115]. Solan et al. [116] showed that 
cyclic strain had a direct impact on increasing collagen content and organization in ECMs. 
Bono et al. [117] studied the effects of cyclic strain (7%) on the VSMCs behavior which 
were cultured on 2D substrates and in 3D matrix composed of type I collagen. It was 
demonstrated that in the 3D culture environment there are more VSMCs aligned in the 
direction of strain (nearly 60 %). Additionally, the level of SM α-actin in VSMCs cultured 
in the 3D collagen matrix was higher than that cultured on the monolayer 2D substrate. 
This research indicated that in 3D culture environment and under cyclic loading the density 
of contractile proteins inside VSMC’s cytoskeleton increases remarkably. It is worth 
mentioning that in the cardiac cycle VSMCs are cyclically stretched by ~ 10 % with a 25-
50 % mean strain, and their mechanical properties should be evaluated over a large range 
of deformations [118].  
It was noted that the ECM mechanical properties including its heterogeneity are the key 
factors to impact the 3D VSMC contractility [119]. Novel hydrogels have been developed 
to resemble the composition of ECM and thus in vivo mechanical environment [120, 121]. 
Ding et al. [122] developed a biomimetic fibrous hydrogel with tunable structure and 
stiffness. The developed ECM array consisted of collagen I, III, IV, fibroactin, and laminin. 
The effect of ECM deposition and stiffening during vascular disease progression on 
VSMCs contraction/relaxation was investigated. Although, the developed hydrogel 
encompassed the composition of ECM components, the challenges lie in the control of the 
architecture and alignments of collagen fibers. It has been illustrated that fibers orientation 
affect their load sharing contribution to the media tunica [123]. Phillippi et al. [124] 
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reported that a remarkable variation of collagen fiber orientation distribution exists in the 
diseased aortic media. Considering the limitation in reproducing a complex in vivo ECM 
environment, the load sharing of VSMCs with respect to these structural components of 
ECM remained to be explored.  
 
 Arterial constituents  
The artery wall exhibits three major layers: Intima, media and adventitia. The intima 
layer is predominantly populated with endothelial cells (ECs), which synthesize proteins, 
such as collagen IV and laminin, to create basal lamina. Its main function is to transmit 
signals that control vascular tone. It has a minimal contribution to the artery’s mechanical 
properties. The adventitia mainly consists of fibroblast and a collagen-rich ECM. 
Adventitial fibroblasts respond to a variety of chemical and mechanical cues. For example, 
hypertensive environments result in increased fibroblast proliferation and collagens I and 
III synthesis. Adventitia bears over half of the load at abnormal pressure due to collagen’s 
role as structural reinforcement [125]. The media is the thickest layer, between the intima 
and adventitia layers. It serves as the primary load bearing components. The media are 
composed by multiple lamellar units (LU), which consists elastic lamellae encompassing 
smooth muscle cells (SMC), interposed with collagen fiber network, as shown in Figure 
3-1. 
The LU was comprised of approximately 29% elastin, 24% SMCs, and 47% collagen 
and ground substance [126]. The volume of a single medial SMC was 1630±640 μm3. The 
healthy aortic media SMC was in the shape of ellipse. The average length of minor and 
major axis is 3.1±0.8μm and 19.0 ±3.3μm, respectively. The average aspect ratio, i.e., 
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major/minor axis is 6.2±1.4. At the relaxed state, the elastic modulus of the rat aortic 
VSMC (same microstructure with human’s artery) in the major and minor direction is 14.8 
KPa and 2.8 KPa, respectively [127]. Upon contraction, the elastic modulus in major and 
minor direction is 88.1 KPa and 59 KPa, respectively. The average density of SMCs within 
the media is 3.7±0.6 ×105 cells/mm3 [126]. Between lamellae, the major axis of each 
nucleus aligned in the circumferential direction with a 19±3° radial tilt, resulting in 
cytoplasmic ends directed toward top and bottom of the lamellae. Collagen type I is the 
most abundant within blood vessels and had been proposed as the primary determinant of 
tensile properties [128]. Collagen was organized as bundles of fibers (numbering 24 ±15 
fibers per bundle), thinner bundles or individual fibers. Collagen fibers aligned 
preferentially circumferential in the media but showed random orientation in the adventitia. 
The LU thickness ranges 13-15 μm [123] with an elastic lamellar thickness of 1.0-2.2 μm. 
The number of LUs of the media layer is established during arterial development and is 
directly related to the tension in the wall. It was noted that the tension per lamellar unit is 
constant across mammalian species and throughout the arterial tree [129]. 
Elastic modulus of elastin and collagen fibers was reported as approximately 0.6 MPa 
and 1GPa, respectively [130]. Collagen fibers have a wavy nature and low contributions to 
mechanical behaviors at low pressure load. This is due to the waviness of collagen fibers 
[131], which was gradually straightened under pressure. Only 6-7% of collagen fibers are 
engaged at physiological pressure [126]. Microscopy studies on male adult rats revealed 
that collagen fibers aligned in the longitudinal-circumferential plane of the media layer of 
aorta. On the other hand, elastin fibers tended to align in the circumferential direction in 
SML, but often formed a longitudinally network structure in Els [126]. Collagen fibers 
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were observed more in ELs than in SMLs, and ELs comprise elastin and collagen fibers. 
Collagen fibers have a diameter of 3 μm and average segment length of 13-17 μm. The 
diameter of elastin fibers is measured around 0.1 μm which placed in ELs with an 
interconnecting, fenestrated network. 
 
 Arterial stiffness  
The stiffness of artery is directly related to the function of each component in the LU. 
Due to their higher elastic modulus, elastin and collagen fibers were classically considered 
as the main load bearing elements in LU. At physiological pressure, arterial stiffness was 
predominantly determined by elastin fibers, while wavy collagen fibers, without being 
straightened yet, did not bear much load. Then, the abnormally large mechanical load could 
straighten the collagen fibers, which were able to carry more load than elastin fibers. These 
sequential participation of elastin and collagen fibers in arterial stiffness led to non-linear 
stress-strain response of the arterial wall, while it was suggested that VSMCs have no 
contribution in the mechanical response of the artery [132], as illustrated in Figure 3-2.  
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Figure 3-2 Representative circumferential stress–stretch relationship for the mouse 
ascending aorta. 
Increased arterial stiffness is correlated with a larger collagen/elastin ratio in LU. Aging 
is associated with the defragmentation and discontinuity of elastin fibers. The damaged 
elastic fibers are generally not replaced, because elastin expression is turned off in adult 
species. This damage alone will weaken the artery. Then the arterial remodeling lead to 
more collagen fibers production, and usually increase the arterial stiffness [133, 134]. It 
has been reported that blood pressure and arterial stiffness are inversely related to 
elastin’s amount in the media layer [129, 135-138]. Many cardiovascular disease, 
specifically hypertension, are related to high stiffness of artery induced by elastin 
reduction and collagen fiber production [129]. Advanced glycation end-products (AGEs), 
which accumulate slowly with normal aging or in diabetes at a faster rate, has been 
considered as a major index factor for arterial wall stiffening [139, 140]. This was 
attributed to the increased protein–protein crosslinks on the collagen molecule [141, 142] 
and implied that collagen/elastin components alone are not the only inclusive parts to 
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determine the arterial stiffness in certain situations. Using hypertensive rat models, 
several groups observed minimal changes in collagen content of artery [143-146]. 
Instead, reduced collagen content were reported in some cases [147, 148]. Hu et al. [149] 
monitored over 8 weeks of ECM content in a coarctated mini-pig aorta. They observed 
that relative collagen content was increased at 2 weeks of hypertension, stayed at this 
high lever for 4 weeks, and then declined to the baseline level at 6 weeks. The relative 
elastin content decreased at 2 weeks and remained at a similar level thereafter.  The 
incongruous observations in the literature might be due to the variations in experimental 
protocols, including measurement methods of arterial collagen content, the hypertension 
degree, and the location of harvested artery [145].  
Apart from the variation of collagen/elastin fibers content and ECM in general, 
VSMCs might have a contribution to arterial wall stiffness. Sehgel et al. [150] suggested 
to look into the contribution of VSMC to arterial stiffness since variation in elastin 
density was not enough to induce a major change in aortic stiffness. Animal studies 
(spontaneously hypertensive monkeys [51, 151] and rats [152]) showed that VSMC in 
the aortic media layer is stiffer in the arteries with higher stiffness caused by hypertension 
or aging. These observations indicated that VSMC alone might contribute to arterial 
stiffness but has not been measured yet.  
 VSMC 
Stiffness measurement of vascular smooth muscle cells are challenging due to its 
sensitivity to phenotypic switching in response of the environment. It has been reported 
that cultured VSMC on substrate might change their phenotype to synthetic [153]. VSMCs 
are aligned circumferentially in the media layer and undergo large deformations in 
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physiological conditions. When the artery enlarges due to the hemodynamic pressures, 
VSMCs stretch along their major axis. However, AFM technique is only able to measure 
the elastic properties of local regions of cells under small deformations and cannot not 
provide enough information associated with the tensile properties of whole VSMC in 
physiological strain range (median strain of 25-50 %). Due to the aforementioned reasons, 
it is vital to obtain tensile properties of the cells freshly isolated from the artery wall. In 
this regard, different methods for gripping the VSMC and performing tensile test have been 
suggested. Knotting [154], aspiration [155], adhesion on pipette [156], plate [157] and 
micropillar array substrate [71] are among the popular cell gripping methods for the tensile 
testing of VSMCs.  
 
 Mechanical contribution of arterial constituents 
3.6.1 Experimental studies 
There is a range of techniques to quantify the mechanical behaviors of cells, such as 
Atomic Force Microscopy (AFM) [145, 150-152]. The contraction response of VSMC can 
be measured directly by AFM tests, or in an indirect way by comparing the expression of 
primary SMC-specific contractile markers such as SM α-actin. It is well known that by 
phenotype changing of VSMCs to synthetic type, the number of stress fibers decreases, 
and the number of organelles increases which prepare the cell to proliferate and generate 
ECM proteins. These changes in the cytoskeleton decrease contractility and stiffness of 
VSMCs (by one-third or one-fourth).  Thus, the initiation of cell proliferation can be 
counted as an indicator of relaxed VSMCs. Hu et al. [149] reported that cell proliferation 
occurred at 2, 4, and 6 weeks, but not at 8 weeks of hypertension. The highest proliferation 
34 
 
rate was captured at 2 weeks of hypertension. Xu et al. [158] found that proliferation of 
medial VSMCs was induced rapidly within 3 days after acute coarctation of the rat aorta 
and continued for 2 weeks. In addition, In addition, fluctuations in VSMCs stiffness was 
detected over 8 weeks of high tension loading of rat aorta [159]. Tosun and McFetridge 
[160] used cardiac output to define frequency profile of cyclic stretch of human VSMCs 
which was against with the previous in vitro models which were stimulated with constant 
pulse frequencies. It was revealed that the phenotypic outcome may be more dependent on 
the variation in the stimuli, rather than specific amplitude of change. 
These studies indicate that VSMC’s stiffness could decrease sharply at the early stages 
of hypertension because of their dedifferentiation. However, it is reported that medial 
VSMCs expressing contractile proteins could also proliferate and actively synthesize ECM 
proteins [149]. On the other hand, the dedifferentiated cells express low levels of 
contractile markers and high levels of signaling molecules associated with cell growth, 
migration, fibrosis, and inflammation [161]. Matsumoto et al. [159] investigated the effects 
of hypertension on morphological, contractile and mechanical properties of rat aortic 
VSMCs. They found that the density of SFs and the stiffness of each SF may dependent on 
the intensity and duration of hypertension. The contraction and stiffness of VSMCs 
increased to its maximum at 8 weeks of hypertension and decreased thereafter. However, 
these observations were not correlated with the previous studies. The potential explanation 
could be the level of hypertension, measurement techniques, level of VSMCs tension and 
VSMCs alignment.  
The mechanical properties of elastin fiber network in the media layer were evaluated 
under uniaxial or biaxial tension [162-166]. Weisbecker et al. [167] compared the 
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mechanical behavior of elastase and collagenase treated media from human thoracic aorta 
to untreated control specimens. VSMCs were still visible after elastase treatment and it was 
noted that their passive response might slightly affect the anisotropy of the tissue. One 
limitation of this work was neglecting the dependency of the mechanical properties on age 
or on the location of the artery. Martinez and Han [168] showed that collagenase treatment 
(collagen content decreased by 15%) caused an enhancement in the axial deformation but 
not in the circumferential deformation. This was explained by the dominating 
circumferential alignment of collagen in the vessel wall. While collagenase treatment may 
equally break the collagen fibers aligned in both the axial and circumferential directions, 
the ratio of change in the circumferential direction would be much smaller due to the large 
amount of collagen at the baseline [168]. However, Dorbin et al. [169] observed a 
considerable reduction in the arterial wall stiffness in the circumferential direction of 
collagenase treated dog arteries. The difference might be associated with the type of 
species, the density of collagenase used, or the implemented testing conditions [170]. 
Moreover, compared to elastase treatment, collagenase treatment seemed had less effect 
on the physiological pressures as that collagen is not fully engaged in the bearing arterial 
wall stresses. Reportedly, a decrease VSMC content by 11± 7 % in porcine carotid arteries 
was associated with enlargement of arterial wall at pressures up to 120 mmHg and 
mechanical stiffening of the arterial wall at higher pressures [171]. Despite the valuable 
results, the conducted researches had limitations such as being performed under static 
loading conditions, and the collagen fibers or VSMCs were partially removed in the treated 
specimens.  
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Although there have been many experiments to quantify the contribution of medial 
fibrous matrix in mechanical properties of the artery, the load sharing capacity of VSMCs 
has been underestimated. Previous studies about determining the stiffness and contraction 
of VSMCs in hypertension provided valuable information but sometimes are inconsistent 
which makes it difficult to evaluate the mechanical contribution of VSMCs in 
normotension and hypertension arteries. In addition, the load sharing capacity of VSMCs 
in LU is still not clear. Heterogeneity of LU and different mechanical properties of each 
component are the problematic issues to determine the portion of load taken by each 
constituent when the artery is exposed to hemodynamic pressures.  
3.6.2 Computational methods 
Numerical simulations have been implemented for many years to study the mechanical 
behavior of arteries. In the previous developed models, the arterial wall has been modeled 
as a single layer [172], two or three layers [173, 174].  The applied constitutive relations to 
the arterial wall have been formulated by hyperelastic material with orthotropic, transverse 
isotropic, and isotropic behavior [175-179]. The main concern about these models was to 
predict the macroscopic mechanical properties of the artery and evaluate its deformation 
[180-183]. Considering the highly heterogeneous microstructure of the arterial layers has 
been challenging in these studies.  
Furthermore, micromechanical modeling approach has been employed to include 
clearly distinguishable constituents inherited different material properties. The goal was to 
predict the anisotropic response of the heterogeneous material on the basis of the 
geometries and properties of the individual constituents, a task known as homogenization 
[184]. Application of micromechanical modeling in arterial mechanics is vast. Capturing 
37 
 
the responses of hyperelastic tissues with multiple families of collagen fibers [185], 
elucidating the interaction between collagen and non-fibrillar matrix [186], strain 
hardening of collagen-I gel and realignment of the network [187] can be counted as the 
micromechanical modeling applications associated with the behavior of fiber matrix. 
Thunes et al. [123] developed a micromechanical model to detect the stress field of the 
fiber matrix after collagen recruitment. The VSMCs were simplified and replaced by a 
homogenous medium as the non-fibrous part.   
In order to study the VSMC contraction effects in the media tunica and stress 
distribution through the thickness of artery, Lukes and Rohan [188] proposed a 3D 
micromechanical model, which consisted of a hyperelastic matrix (ECM), an 
incompressible inclusion (VSMC), and contractile bars (SFs). The micro-scale model was 
then coupled with a 2D macro-scale model of the arterial wall consisted of two layers of 
tunica media and tunica adventitia. 
Nakamachi et al. [108] constructed a multi-scale FE model for stress and strain 
evaluation of VSMC of the human artery. Their micro-scale model was based on a 
Representative Volume Element (RVE) model and consisted of a VSMC embedded in a 
homogenous matrix, Figure 3-3. Despite of the novelty of the developed model, the 
simplified ECM structure and neglecting the distribution of collagen/elastin fibers could 
be influential on the obtained results. Moreover, there were lack of discussion about 
mechanical contribution of the constituents in the arterial wall. 
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Figure 3-3 macro scale model of the arterial wall with three layers (right); arterial VSMC and RVE 
model (left) 
It has been found that the microstructure of ECM can vary by some diseases. Collagen 
disposition and cross-link disruption has been observed in the arteries with Marfan 
syndrome [189]. Moreover, Marfan aortic samples are histologically characterized by the 
fragmentation of elastic laminae (almost 50 per cent lower [190-192]), which leads to the 
formation of aneurysms. Therefore, considering the heterogeneous structure of ECM will 
allow to detect the ongoing mechanisms behind the arterial disease which change the 
properties of ECM and VSMC state.  
 Summary 
This review summarized the mechanical contribution of VSMCs to the arterial stiffness 
with focus on the load sharing of collagen/elastin fibers and contracted/relaxed VSMCs in 
the media layer of artery. In view of VSMCs cytoskeleton, it was noted that stress fibers 
have the major contribution in VSMCs contraction, however, microtubules and 
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intermediate filaments can indirectly affect contractility of the cells. In addition, the 
cytoskeleton responses are strongly related to the interaction of integrin receptors and 
extracellular matrix.  
VSMCs alter their proliferation and contractility or change their phenotype with respect 
to the mechanical environment, such as 2D or 3D ECM, and level of cyclic strains. 
Specifically, the cultured VSMCs change their phenotype compared with in vivo 
conditions. The responses of VSMCs subjected to cyclic loading is dependent on the time 
period of the applied load.  
The mechanics of VSMCs could be better delineated using numerical simulation. The 
interaction between collagen and non-fibrillar matrix, alignment and recruitment of 
collagen fibers and induced stresses in VSMCs during extension have been elucidated.  
However, the load sharing capacity of VSMCs in Lamellar unit as well as the influence of 
phenotype changing on the VSMCs contribution in arterial stiffness remained to be 
determined.  
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4 Chapter 4: Multi-scale modeling of lamellar unit in tunica media of 
artery 
Introduction 
Cardiovascular disease accounts for 17.3 million deaths globally and one of every four 
deaths in the United States each year [193]. Hypertension and aging are both recognized to 
increase arterial stiffness which causes major common chronic diseases, such as heart 
failure, myocardial infarction, stroke, vascular dementia, and chronic kidney disease [194]. 
Vascular stiffening is considered  one of the pathophysiological mechanisms contributing 
to the development of hypertension [195].  
The stiffness of the arterial wall is strongly dependent on the structure and integrity of 
lamellar units (LU) (i.e., vascular smooth muscle cells [VSMCs] encompassed by elastic 
lamellae and interposed with a collagen fiber network) [125]. Collagen deposition and 
elastin breakdown in the extra cellular matrix (ECM) has been widely considered as the 
predominant mechanism of arterial stiffening [196]. However, it was also reported that 
these changes of the ECM were not consistently observed in hypertensive arteries [197]. 
In some cases, clinical hypertension measurements detected a reduction in vascular 
collagen content [148].  
Structural variations in the artery may be attributed to the VSMC [198], while 
controversy exists regarding the contribution of VSMCs [199]. Bank and Kaiser [200] 
claimed that VSMCs’ relaxation can potentially occur in concert with an increase, a 
decrease, or no change in vascular wall stiffness. It has been hypothesized that VSMCs’ 
relaxation decreases arterial stiffness by reducing tension generated by the VSMC itself. 
41 
 
However, VSMCs’ relaxation has been counted to increase the arterial stiffness by 
engaging stiff collagen fibers. Moreover, it was observed that the total arterial stiffness was 
directly related to the VSMC’s stiffness [201]. In contrast, it was demonstrated that 
adaptation of the hypertensive artery and thickening of the vascular wall were caused by 
changing the phenotype of VSMCs from contractile to synthetic and producing more 
collagen fibers. In the synthetic phenotype, the stiffness of VSMCs is lower than that for 
the contractile phenotype, while the total arterial stiffness is higher than for normal 
conditions [195]. This research reported an inverse relation of the VSMC’s stiffness and 
the arterial wall stiffness. Though, the arterial stiffening has been well documented in 
humans and animal models over a century, the contribution of the VSMC among the LU 
components in arterial stiffness has not been quantified yet.  
Due to the complexity of the LU micro-structure, nonlinear properties of the fibrous 
network, and interaction between the VSMC and ECM, the in vitro studies are unable to 
meticulously reassemble the vascular wall to detect the contribution of VSMCs in arterial 
stiffness. When cultured on a substrate, the cells change their phenotype from contractile 
to synthetic [153], and their cytoplasm contains few filament bundles but a large amount 
of organelles, and hardly contract in response to contractile agonists. Therefore, the 
captured responses based on 2D experiments can be different with the in vivo behavior of 
VSMCs embedded in the ECM. 
Several structurally motivated constitutive models for the arterial wall have been 
recently developed [202-206]. Nakamachi et al. created a multi-scale model in which the 
LU was modeled by a representative volume element (RVE) consisting of a VSMC 
embedded in a homogenous ECM [108].The developed model illustrated the stresses and 
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strains of the VSMC under tension; however, the heterogeneity of the fibrous part of the 
LU, the waviness of collagen fibers, and the constituent’s volume fractions, were 
neglected. 
In this work, a novel multi-scale model has been developed to characterize the load 
sharing capacity of the VSMC in the LU and the corresponding aortic wall deformation. 
An RVE model was constructed by considering the architecture of collagen fibers per their 
volume fraction and distribution, and the nonlinear response in tension. The obtained 
mechanical response of the RVE was imported to a macro-scale model of the aortic wall 
to capture its deformation subject to the physiological blood pressure. The developed 
model allowed us to incorporate the micro-structural variation of the LU induced by aging 
and the resulting changes in aortic mechanical behavior.  
 Materials and Methods 
4.1.1 Micro-mechanical modeling 
We constructed a 3D representative volume element (RVE) to simulate the 
biomechanical response of a single lamellar unit. An average lamella thickness of 1.5 µm 
and an interlamellar (IL) spacing of 10 µm were chosen [207]. We exploited the LU 
symmetry in the circumferential and radial directions and considered a VSMC embedded 
in the ECM. The volume fraction of elastin fibers within the lamella has been measured as 
85 % [208]. The orientation histogram revealed that planar dispersion of the elastin fibers 
in the longitudinal-circumferential plane is approximately uniform figure 4-1. 
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Figure 4-1 Distribution of collagen and elastin in LU; Angle of 0 means circumferential direction and 
90o is along the length of artery [208] 
 
 
Therefore, in our model, lamella was treated as a homogenous solid section attached to 
the interlamellar space (Figure 4-2). The volume fractions and dimensions are listed in 
table 4-1. 
Table 4-1 the volume fraction and geometry of RVE constituents 
Component Volume fraction (%) [201] Geometry (Units are in µm) 
VSMC 47 Major radius = 20 [207] 
Minor radius = 4.5  
Elastin 
laminate 
13 Thickness = 1.5 [123] 
Collagen fiber 12 Diameter = 3 [209] 
Length = 9  
Ground 
substance 
28 Length × Width × Height = 10 × 10 × 
40  
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Figure 4-2 the developed RVE model of lamellar unit (LU) 
 
For collagen fibers, a bilinear constitutive response was considered to capture the effect 
of the fiber waviness [128]: 
𝜎 = {
0                                               , 𝜆 < 𝜆𝐶𝑜𝑙𝑙𝑎𝑔𝑒𝑛
𝐸𝐶𝑜𝑙𝑙𝑎𝑔𝑒𝑛(𝜆 − 𝜆𝐶𝑜𝑙𝑙𝑎𝑔𝑒𝑛)    , 𝜆 ≥ 𝜆𝐶𝑜𝑙𝑙𝑎𝑔𝑒𝑛
                                                                                                  (1) 
where 𝜆 is the current stretch ratio of fibers, 𝜆𝐶𝑜𝑙𝑙𝑎𝑔𝑒𝑛 is the recruitment stretch criteria, 
and 𝐸𝐶𝑜𝑙𝑙𝑎𝑔𝑒𝑛 is the elastic modulus of the fiber. Collagen fibers with 𝜆 < 𝜆𝐶𝑜𝑙𝑙𝑎𝑔𝑒𝑛 do not 
sustain any loading. The bundle of collagen fibers had a diameter of 3 µm [209]. Table 4-2 
summarizes the mechanical properties used in the RVE model.  
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Table 4-2 Mechanical properties of RVE 
Role Parameter Fitted value 
VSMC 𝐸𝑉𝑆𝑀𝐶  0.0881 MPa (Contracted) [127] 
0.0148 MPa (Relaxed) [127] 
Elastin laminate 𝐸𝐸𝑙𝑎𝑠𝑡𝑖𝑛  0.6 MPa [210] 
𝜆𝐸𝑙𝑎𝑠𝑡𝑖𝑛 1  
Collagen fiber 𝐸𝐶𝑜𝑙𝑙𝑎𝑔𝑒𝑛 80 MPa [211] 
𝜆𝐶𝑜𝑙𝑙𝑎𝑔𝑒𝑛  1.4 [212] 
Ground substance 𝐸𝐺𝑆 0.0001 MPa 
 
The RVE was subjected to an applied stretch of 𝜆 = 1.5 in the circumferential direction. 
The stress-strain response of LU was imported into the model described below to predict 
the macro-mechanical behavior of the media layer of the aorta. 
4.1.2 Macro-mechanical modeling 
A 2D model of the aortic cross section was generated considering its three-layer 
structure (i.e., intima, media, and adventitia). Due to the axial symmetry of the aorta, only 
¼ of the cross section was modeled as shown in Figure 4-3.  
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Figure 4-3 Macro finite element model of the human blood vessel, dimensions (unit: mm) and loading 
condition. 
The inner diameter of the aorta was 25 mm with a total thickness of 1.5 mm. After mesh 
sensitivity analyses, the model was discretized with 1608 CPS4R elements.  The cyclic 
internal pressure profile was applied to mimic the physiological blood load.  
The aforementioned three-layer aorta model is an improved version from the two-layer 
model by Nakamachi et al. [108]. The accuracy of the calculated displacement, strain, and 
stress depends on the accuracy of the modelled layer-specific stress-free geometry, 
constitutive equations, and boundary condition.  
The hyperelastic behaviors of the intima and adventitia layers were extracted from the 
published experimental datasets [213], which were fitted using the reduced polynomial 
constitutive equation below:   
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𝑈 = ∑ 𝐶𝑖𝑗(𝐼1 − 3)
𝑖(𝐼2 − 3)
𝑗
3
𝑖,𝑗=1
 
(2) 
where, I1 and I2 are the first and second invariants of the Cauchy-Green tensor. The 
obtained material coefficients by using curve fitting are listed in Table 4-3.  
Table 4-3 Material coefficients of both adventitia and intima layers  
Layer Coefficient 
Adventitia 
C10 = -1.1373 
C01 = 1.206 
C20 = 6.5364 
C11 = -17.819 
C02 = 12.870 
Intima 
C10 = -0.7699 
C01 = 0.8235 
C20 = 2.623 
C11 = -7.5097 
C02 = 5.8136 
 
While for the media layer, we extracted the extension response of the RVE model and 
compared it with the uniaxial test data [45] of the media layer to verify the micro-
mechanical model and then to assign the obtained behavior to the aorta model. 
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Figure 4-4 reveals the comparison between the obtained results and the experimental 
data. It can be seen that the trend of variation was identical and could break in the soft 
portion associated with the physiological pressure level and the stiff portion in response to 
the higher blood pressure levels where collagen fibers engaged in load bearing.  
 
Figure 4-4 Stress-strain response of the media layer 
 
Alternatively, the difference between the finite element model and the experimental data 
can be addressed by various causes, such as conditions of the in vitro-treated specimen and 
the selected arterial segment. Moreover, the RVE model is an idealized representation of 
the LU structure of the media layer, although it has been reported that separating the media 
layer from adventitia/intima layers during in vitro tests has some complexities that might 
affect the obtained response [214].  
By implementing the multi-scale modeling, we could characterize the VSMC’s 
contribution in load sharing of the arterial wall in different stretch levels and various 
contraction states. Moreover, the effect of aging through deposition of collagen fibers and 
fragmentation of elastin fibers could be studied.  
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 Results and Discussion 
Our micro-scale model, as a representation of the lamellar unit of the human aortic 
media, directly included the structural features of the ECM. The developed model could 
recapitulate the circumferential constitutive response of the media layer successfully. The 
load shared by VSMCs was calculated by integration of all nodal forces along the loading 
direction. Figure 4-5 illustrates the load sharing contribution of the ECM and VSMC in the 
LU exposed uniaxial tension. The VSMCs at lower stretch levels had a higher contribution 
in load sharing. However, at larger stretch levels collagen fibers came into play and took 
more loads which muted the contribution of the VSMCs.  
  
Figure 4-5 the contribution of VSMC and ECM in load sharing in a healthy carotid aorta LU 
 
In the case of the contracted VSMCs, load sharing of 30 % was detected at normal 
tension levels, while this value decreased to 1.5 % in hypertensive conditions (tensile strain 
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40 % and higher). In contrast, the relaxed VSMCs did not play a significant role in LU 
stiffness and could not take more than 6 % of the tensile load. These values could be altered 
with respect to the LU micro-structure and the volume fraction of its constituents. It has 
been claimed that VSMCs’ static stiffness varies according to their position in the arterial 
tree. Based on the confocal images regarding the VSMC shape and actin stress-fiber 
orientation, VSMCs from arteries with fewer elastic fibers (femoral and renal) are 
considered to be stiffer compared with the thoracic aorta VSMCs [201].  
Hereby, we studied the effect of fiber fragmentation due to aging effects. Therefore, a 
range of fiber loss from 10 % to 50 % was considered and the equivalent stiffness of the 
LU was computed for each case. Figure 4-6 depicts the loss of stiffness versus the 
fragmentation of elastin or collagen fibers.  
  
Figure 4-6 the influence of Collagen disruption and elastin fragmentation on the LU stiffness 
 
It is clear that at low pressure levels (tensile strain is less than 40 %) the elastin loss 
decreased the stiffness considerably. In more detail, 50 % fragmentation of the elastin layer 
caused 75 % loss of stiffness. However, collagen fiber loss showed its dominant influence 
in high pressure levels (tensile strain is more than 40 %) where collagen fibers were 
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straightened. By comparing these curves, the contribution of fibers in total stiffness of the 
LU can be distinguished. Moreover, it has been reported that during the process of arterial 
aging, and after the loss of the fibrous part of the LU, VSMCs produce more collagen fibers 
as a remedy to the lack of elastin fibers. By considering the waviness of these fibers and 
our obtained results, it can be concluded that even deposition of collagen fibers cannot 
contribute to arterial stiffness at normal tension conditions. Therefore, the paradigm of age-
related arterial stiffness has recently shifted from elastin/collagen content to cell-ECM 
interactions and VSMC tone as the principal determinants of arterial wall stiffness [215]. 
On the other side, it has been claimed that the environmental changes caused by aging 
derive a switch from a contractile phenotype to a synthetic phenotype of VSMCs. The latter 
phenotype is characterized by reduced expression of contractile proteins meaning lower 
stiffness. Therefore, in this condition, the lack of arterial stiffness is addressed by the 
thickening of the arterial wall and geometric remodeling.  
Differentiated phenotypes (contractile) of VSMCs can be evaluated by morphology 
studies from which VSMCs are spindle shaped. In this study, we derived the variation of 
the VSMCs’ section-area for different levels of tension, Figure 4-7.   
52 
 
 
Figure 4-7 the calculated area of VSMC with respect to the stretch level 
Dinardo et al. [201] measured the major axis/minor axis ratio of VSMCs located in 
different arterial beds. This parameter was counted as an indicator of the cell elongation 
and then interpreted as the contraction level of VSMCs. They observed that VSMCs from 
femoral and coronary arteries were more elongated than that of other vessels and concluded 
that the VSMCs from former arteries have higher contraction (static rigidity). On the other 
hand, they observed that femoral and coronary arteries have the lowest content of elastin 
and ECM/VSMC ratio. According to our results, the higher volume fraction of VSMC 
means it had a larger contribution in load sharing and more elongation. These physical 
variations occurred even if the contractility of VSMCs remained at a fixed value. As we 
observed, the ratio of the major axis/minor axis and therefore the VSMCs’ area was directly 
related to the tensile strain caused by hemodynamic loads. Moreover, it has been observed 
that the contraction of 2D cultured VSMCs and the ratio of the major axis/minor axis is 
inversely related. Therefore, the elongation of VSMCs cannot be an appropriate parameter 
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to detect the contraction level. However, comparing this parameter can provide useful 
information about the phenotype of the cell and the load sharing of VSMCs.  
At the next step, we modeled aging effects on the aortic expansion in different tension 
levels. Figure 4-8 shows the recorded expansion of the aorta for various collagen/elastin 
ratios and each VSMC’s status. For higher values of the collagen/elastin ratio the expansion 
of the aorta decreased drastically. This variation happens by collagen deposition caused by 
aging. The largest decrease in aortic expansion for high tension levels was 20 %, while in 
normal tension levels the relation of collagen deposition and arterial expansion was 
insignificant. Hereby, we did not change the volume fraction of elastin. As a result, at a 
normal tension level the expansion fluctuation is minimal. 
  
Figure 4-8 arterial expansion with respect to the different VSMC status and collagen/elastin ratios; 
Normal tension (right), hypertension (left). 
 
Moreover, at a normal tension level the expansion of the aorta was distinguishable for 
each VSMC status. However, for high pressure levels, the response of contracted and 
relaxed VSMCs converged. This result showed that in hypertension and where collagen 
deposition occurs, variation of VSMCs’ stiffness cannot change the aortic stiffness and 
expansion. On the other hand, it could be seen that if material remodeling happens, but the 
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aorta still works under a normal pressure level, VSMCs’ contraction/relaxation can 
considerably affect the arterial dilation. It has been reported that the mechanical phenotype 
correlates with the composition of ECM and can be modulated by the stretching imposed 
on VSMCs by blood flow circumferential stress [201]. In this study, we saw when aging 
occurred and more collagen fibers were produced in the ECM, then the mechanical 
variation of VSMCs could be meaningful only in a normal tension level.  
 Conclusion 
In this paper, we have developed an RVE model based on the lamellar unit of the media 
layer in the aortic wall. The developed model helped us to distinguish the load sharing 
capacity of fibrous and non-fibrous parts of the LU. In addition, micro-structural variation 
of the LU was analyzed, and the corresponding macro-structural behavior was studied 
through multi-scale modeling of the aortic wall. Our results showed that the VSMC can 
take up to 30 % of the applied load when contracted. It is known that the relaxed VSMC is 
around 10 times softer than the contracted one, which affects its contribution in load 
sharing of the LU. On the other side, the contribution of collagen fibers at low stretch levels 
was negligible but became predominant when straightened in high stretches. The obtained 
uniaxial response of the LU was validated against the previous experimental data. The 
macro-scale model of the aorta allowed us to evaluate the arterial expansion with respect 
to the micro-structural variation of the lamellar unit. Finally, aging effects by collagen 
deposition was modeled and aortic dilation was estimated. It was revealed that stiffening 
of the VSMC when the aorta is exposed to high pressure does not affect the aortic stiffness 
but is mainly controlled by collagen fibers. Our findings can shed some light about the 
contribution of VSMCs in arterial stiffness which has been under debate in recent years.  
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5 Chapter 5: Characterization of mechanical properties of 3D-printed 
PLLA/Steel particle composite 
 Introduction: 
The 3D printing is gaining increased attention by fabricating, usually layer by layer, 
complex structures with the minimal waste of raw materials. The printed pure polymer 
products are limited by its lower strength and functionality, and then the polymer 
composites reinforced by fibers and particles have been considered [216]. For example, 
metallic particles as the reinforcement of 3D printed polymer composites were investigated 
in terms of their mechanical, thermal, and electric properties. Nikzad et al. [217] developed 
Iron/ABS and Copper/ABS 3D printed particle composites to achieve higher stiffness. 
Boparai et al. [218] examined systematically tribological characteristics of a composite 
material with Al and Al2O3 particles embedded in Nylon6 matrix. As a result, higher wear 
resistance, thermal stability, and stiffness was attained. Impact resistance and tensile 
strength as well as electromagnetic characterization of a 3D Printable Tungsten–
Polycarbonate polymer matrix composite for space-based applications has been studied 
experimentally[219]. However, the nanoscale mechanical characterization of 3D printed 
particle composites was lacking.  
Existing researches focused on the effect of particle size [220], distribution [221], and 
shape [222] on the mechanical properties of composites without considering the 
contribution of interphase layer. Nonetheless, the interphase properties and interface 
strength play an important role in the mechanical properties provided by the particle 
composites [223]. A well-designed interphase can significantly enhance the strength and 
toughness of particle composites. Therefore, characterization of interphase mechanical 
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properties, which varies with respect to the distance from the particles, should be studied 
meticulously. The problems in finding an accurate description of interphase properties are 
mainly due to the inhomogeneity of the material, i.e. the high stiffness ratio between 
particles and matrix [224]. Analytical models were developed to encompass the influence 
of interphase layer. The earliest models [225] assumed that the two components are both 
homogeneous, and are perfectly bonded across a sharp and distinct interface. Hashin and 
Rosen [226] developed a model for particle composites in which a thin layer existed outside 
of each particle. The elastic moduli were uniform within this layer, but different from those 
in the matrix or particles. Afterwards, others have attempted to account for smooth 
variation of the moduli with radius.  Lutz and Zimmerman [227] modeled the moduli 
outside of the inclusion with a constant term plus a power-law term, thereby allowing a 
smooth transition between the interphase layer and the matrix. Despite the capability of 
analytical models to calculate bulk properties of composites, determining the local 
microstructure parameters such as the effective interphase thickness and fluctuations of 
elastic modulus is not feasible by this approach.  Hereby, quasi-static nano-indentation has 
become the standard technique used for nano-mechanical characterization of materials. 
Nano-indentation measurement has broad application across the physical sciences 
[228], and there are several researches on the implementation of this method for property 
extraction. In [229] nano-indentation tests were employed in order to investigate the 
material properties of the interphase region in phenolic/glass and polyester/glass systems. 
Moreover, local mechanical property variation in the interphase of E-glass fibre reinforced 
epoxy resin and E-glass fibre reinforced modified polypropylene (PPm) matrix composites 
was conducted by using this method [230]. Urena et al. [231] measured the mechanical 
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properties of the generated interphase by reaction between aluminum matrix and SiO2 
coating. Hardness and Young modulus of the interphase between matrix and reinforcement 
of Al 2014 matrix composites reinforced with (Ni3Al)p was determined by Torralba et al. 
[232]. However, the studies on polylactide (PLLA) and especially particle reinforced 
PLLA composites are scarce [233]. Moreover, there is no research associated with nano-
mechanical characterization and property extraction of PLLA polymer composite 
reinforced with steel particles.  
The objective of this study was to characterize the mechanical properties of 3D printed 
PLLA /Steel particle composites by using nano-indentation tests. And to accurately extract 
the interphase properties, and finally extract the bulk mechanical properties of PLLA /steel 
composite through a homogenization analysis. Homogenization analysis is a method for 
obtaining mechanical properties at the macro-scale from the obtained responses of nano- 
or micro-scale structures. Nano or micro-scale stress and strain distribution for each 
component material in composite materials can be visualized by localization analysis 
[234]. At the first step, fused filament fabrication (FFF) were employed to manufacture 
PLLA /Steel composites. Moreover, nano-indentation tests were performed to determine 
the Young’s modulus of the matrix and particles and variation of Young’s modulus at the 
interphase layer. Secondly, a micro-scale finite element model was developed by using a 
generated subroutine code to encompass the mechanical properties of interphase layer and 
then homogenization analysis was performed to obtain the bulk mechanical properties of 
PLLA /steel composite.  
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 Experimental procedure 
5.2.1 3D printing method 
Fused filament fabrication (FFF), also known as fused deposition modeling (FDM), is 
one of the most commonly used additive manufacturing (AM) technologies. A continuous 
filament of amorphous thermoplastic material is extruded through a heated nozzle and 
deposited in a single track. Typically, a raster pattern is used to form a single layer by 
moving the printing head (nozzle) horizontally (X-Y). Deposited material promptly 
solidifies and adheres with adjacent tracks of material to form the required geometry. The 
process is repeated as the platform moves vertically (Z) to enable deposition of another 
layer. Commonly used materials for FFF include acrylonitrile butadiene styrene (ABS) and 
polylactic acid (PLLA). One of the main advantages of AM compared to other traditional 
manufacturing process is access to each layer for modifying material properties. 
PLLA 420SS composite samples were printed by fused filament fabrication (FFF) on a 
Hyrel Hydra 645 (Figure 5-1a). A schematic of FFF indicating interlayer particle 
deposition is shown in Figure 5-1b. Physical and mechanical properties of the PLLA and 
420SS are provided in Table 5-1. The PLLA filament from 3D4MAKERS (Netherlands) 
had a natural color and a diameter of 1.75 mm. Micro-melt 420LC stainless steel powder 
from Carpenter Powder Products (USA) had a diameter between 45 µm and 105 µm. The 
420SS powder was randomly deposited between printed layers using two layer deposition 
frequencies: every fifth (L5) and every eighth layer (L8)., A total of 25 layers were printed 
for each sample at a layer thickness of 0.2 mm, 90% infill density, and a rectilinear infill 
pattern with a 45º infill angle. The L5 and L8 samples had powder deposited on five layers 
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and three layers, respectively. The amount of powder deposited on each layer was 
approximately 0.5 g (low concentration) or 1.0 g (high concentration). At 220 ºC, the 
nozzle temperature was above the glass transition temperature of PLLA and allowed for 
smooth material flow for deposition. The build plate was heated to 55 ºC to promote 
adhesion with the part. The travel speed of the nozzle was 50 mm/s. The dimensions of 
each sample were 50 mm by 12.7 mm by 5 mm (Figure 5-2). A brim of 4 mm was also 
printed to help secure the edges of the part to prevent warping and improve layer adhesion 
to the build platform. The produced ample is depicted in Figure 5-3. 
 
Figure 5-1 Equipment and schematic of 3D printing PLLA Steel composite, (a) FFF Hyrel Hydra 645 
3D printer, (b) FFF process schematic 
 
 
Table 5-1 Physical and Mechanical Properties of PLLA and 420 Stainless Steel 
 Density Tensile Strength Flexural Modulus 
 (g /cm3) (MPa) (GPa) 
PLLA 1.26 71 3.31 
420 Stainless Steel 7.72 1793 199.95 
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Figure 5-2 Sample geometry of fused filament fabricated PLLA-SS420 composites 
 
Figure 5-3 the 3D printed ample with 3 % of particle volume fraction 
5.2.2 Nano-indentation tests 
5.2.3 Sample preparation 
Using Buehler ISOMet 1000 Precision Saw, the sample is cut along the cross-section. 
By using Keyence laser scanning microscope VK-X200K, the SS420 particle is the bright 
part and PLLA matrix is the dark part in Figure 5-4. In order to study the effect of surface 
roughness another sets of samples were polished by Buehler MiniMet 1000 Grinder-
polisher.  
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Figure 5-4 PLLA-SS420 composite under 20X microscope lens: before polish (left) & after polish 
(right) 
5.2.4 Nano Indentation Probe 
The Hysitron TI 950 TriboIndenter is used to test the interphase mechanical property. 
The experiment setup is shown in Figure 5-5. 
 
Figure 5-5 Hysitron TI 950 Triboindenter 
In the experiment, cube corner probe is used. The geometric parameters of probe are 
listed in Table 5-2 Probe’s Parameters. The surface morphology of probes indentation is 
shown in Figure 5-6. 
  
Figure 5-6 Nano Indentation schematic (left), Three-side pyramidal probe schematic (right) 
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Table 5-2 Probe’s Parameters 
Probe Cube Corner 
Included angle 90° 
Half angle 35.26° 
Radius of Curvature ~40-100 nm 
Material Diamond 
 
In the following indentation test, 200 nm displacement control is used to test local 
mechanical property. And the distance between testing point is set to be 1 µm, make sure 
the current testing area don’t overlap with the previous indentation. Thus, the resolution of 
the interphase thickness is 1 µm. 
 Finite element modeling 
A micromechanical representative volume element (RVE) model was created by suing 
Digimat/FE package and then imported to ABAQUS. The steel particles were randomly 
distributed in the PLLA polymer matrix with the same volume fraction of experimental 
samples. Steel particle size and RVE size is depicted in Figure 5-7. Perfect bonding was 
considered for the interface of particles and interphases by using tie constraint. Moreover, 
to study the effect of bonding strength, imperfect bonding was considered by introducing 
contact constraint between interphase and matrix.  
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Figure 5-7 the generated RVE model and loading scenarios  
The volume fraction of particles was set to 3 %, 5% and 10% to evaluate the load sharing 
effect of steel particles inside the PLLA polymeric matrix. The number of elements varies 
approximately from 89000 to 251000 depending on the volume fraction of particles. Mesh 
sensitivity analysis suggests that the meshes are fine enough to produce accurate results 
compared to a mesh with twice as many elements, with a difference within 0.2% in terms 
of stress level. Periodic boundary condition, which developed by a user-specified Python 
script, was enforced in all directions to extend the RVE periodically, i.e., considering the 
interaction between the RVE with its mirrored images. The periodic boundary condition 
was expressed in terms of the displacement vector u, which related the displacements 
between the opposite edges according to 
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𝑢(𝑥, 𝑦, 0) − 𝑢𝑧 = 𝑢(𝑥, 𝑦, 𝐿) 
𝑢(𝑥, 0, 𝑧) − 𝑢𝑦 = 𝑢(𝑥, 𝐿, 𝑧) 
𝑢(0, 𝑦, 𝑧) − 𝑢𝑥 = 𝑢(𝐿, 𝑦, 𝑧) 
 
where 𝐿 was the length of the RVE; x, y, and z stood for the coordinate axes of the three 
edges of the RVE; and𝑢𝑥, 𝑢𝑦, and 𝑢𝑧 depended on the particular loading applied to the 
RVE. Three loading scenarios are considered in this study which are shown in Figure 5-7.  
 Results and discussion 
5.4.1 Experimental results 
Nano indentation test has been used to extract elastic modulus, hardness, and yield 
stress from indentation force-depth curve. Most of the previous studies on nano 
indentation have been concentrated on materials with a smooth surface [235, 236]. Our 
observations of the surface of samples showed that cutting process has created 
roughness and it has been reported that the characteristic size of roughness may have a 
significant influence on the test [237]. Therefore, it is crucial to investigate the effects 
of surface roughness on Nano indentation. Based on our measurements the height of 
defects was in rage of 300-500 nm which is decreased to 60-100 nm after polishing. We 
conducted nano indentations starting adjacent the edge of particle toward the center of 
particle. For each type we obtained load-displacement responses of 6 different particles.  
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It is worthy to mention that the variation of elastic modulus for unpolished sample 
was sporadic for all studied particles. It can be seen the captured values or unpolished 
sample has a significant fluctuation which is against our understanding of interphase 
mechanical properties. On the other hand, the magnitude of elastic modulus is gradually 
increasing from the edge of the particle to the center. Therefore, the polished samples 
were used for further studies.  
5.4.2 Converge study of Indent Depth 
 After the surface is polished, the roughness is less than 100 nm. However, it is still 
necessary to study the convergence of measured mechanical property (Reduced 
Modulus, Hardness, etc.). The modulus of sample is generated by curve fitting during 
unloading. The roughness on the surface could influence the Nano indentation load-
displacement curve. After the indentation depth is larger than the surface roughness, the 
roughness on the surface couldn’t influence the unloading curve, the modulus should be 
consistent. And the consistent modulus is considered to be the modulus of test material. 
Therefore, it is meaningful to study the modulus convergence as indent depth increases. 
By using displacement control, Reduced Modulus is chosen to study the convergence 
as the indent depth increases. Cube Corner probe is used, and 6 different indent depths 
are chosen, 30 nm, 60 nm, 100 nm, 150 nm, 200 nm, and 250 nm. Then indents are 
performed at the exact same location, from lower depth to higher depth. The result is 
shown in Figure 5-8.  
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Figure 5-8 Converge study of indent depth 
After indentation test, the surface morphology is shown in Figure 5-9. The total scan 
area is 10µm×10µm and the dimension of indentation area is around 1 µm, as marked 
in Figure 5-9. It is important to make sure that next indent point is not in the current 
indentation area. Because the current indentation area has plastic deformation. If next 
indent point is in this zone, the modulus measured will be affected. Therefore, the 
distance between indentation points in this study is 1 µm. 
 
Figure 5-9 Surface scanned after convergence study 
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Based on the result shown in Figure 5-8, the reduced modulus converges after the 
indent depth reaches 150 nm. In the following indentation test, 200 nm displacement 
control is used to test local mechanical property. And the distance between testing point 
is set to be 1 µm, make sure the current testing area don’t overlap with the previous 
indentation. Thus, the resolution of the interphase thickness is 1 µm. 
 
5.4.3 Mechanical characterization of phases 
At the next step, the elastic modulus for each phase was extracted by performing 
multi point nano indentation on each phase. Therefore, 9 point on the surface of a 
particle was considered and the average value of elastic modulus was attained. In a same 
way, but with 5 points of indentation, elastic modulus of PLLA was extracted. Figure 
5-10 illustrated the track of indentation for each phase.  
  
Figure 5-10 Indentation pattern on steel particle (left) and PLLA matrix (right) 
Depending on the strain rate, elastic modulus measured by nano indentation can match 
those measured by tensile or compressive tests or dynamic mechanical analysis (DMA). 
However, it has been reported that for particle composites the obtained values by the 
mentioned methods might be different. Cifuentes et al. [238] compared the mechanical 
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characterization of PLLA/Mg particle composites by compression tests and nano 
indentation analysis. The former one provided almost identical elastic modulus for the 
composite but not sensitive to the different volume fractions. On the other hand, the 
predicted values by nano indentation was directly related to the number of particles in the 
matrix which was in accordance with composite definition. 
Indentation and compression testing diverges in terms of testing geometry and the 
principle of measurement [239]. The load direction in nano indentation radially evolves 
from the first contact point, but for compression testing is unidirectional. In indentation 
testing a combination of compressive, tensile and shear forces are exerted on the material 
but in compression testing mainly compression stresses are applied [240]. Moreover, high 
resolution indentation allows to track the variation of elastic modulus for interphase layer.  
Microscopic interphases can dramatically alter the macroscopic constitutive response of 
particle reinforced composites and strongly related to the manufacturing process. 
According to our knowledge, there is no research about determination of interphase 
thickness of 3D printed metallic particle composite. In the assumption, the interphase is 
defined as the transition zone between particle and matrix. Therefore, the mechanical 
properties (Young’s Modulus, Hardness, etc.) of the interphase zone should be lower than 
particle and higher than the matrix. Because of the aforementioned reason, Young’s 
Modulus is used to find the interphase zone. The Young’s Modulus of interphase should 
converge to Young’s modulus of the particle, as testing point approaches to the particle. 
By using Hysitron TI 950 Triboindenter, we can see the sample through an optical 
microscope and find the edge, as shown in Figure 5-11. After doing Nano indentation on 
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the edge point, we measure more points’ Modulus towards particle center, as shown by the 
grey arrow in Figure 5-11.  
  
Figure 5-11 SS420 particle under an optical microscope (left); Surface scanned after Nano indent by 
15µm× 15µm (right) 
The performance of composites is significantly influenced by interactions between the 
filler particles and the matrix. The interaction term includes bonding strength between the 
particles and the matrix and also the characteristics of interphase layer. Through our 
microscopic observations, we did not find any debonding at the interface of particles. 
However, it is reported that in other manufacturing processes in which the particles are 
heated, there will be a large deterioration of polymer adjacent to the particles [241]. 
Therefore, increasing volume fraction of particles, which is supposed to enhance the 
mechanical response of polymer, accumulate the imperfect bonding and decrease the 
stiffness of composites.  
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Figure 5-12 Nano indentation response at a region close to the particle’s edge 
5.4.4 Homogenization of the PLLA /steel composite 
The mechanical properties of PLLA/Steel composite can be achieved by 
homogenization of the RVE model. After examining the elastic modulus of the composite 
phases, the obtained values were imported into the finite element model, and numerical 
simulations were conducted.  
The role of particles in strengthening of PLLA matrix can be demonstrated by 
comparing the load sharing of the composites. The load shared by each phase was 
calculated by integration of all nodal forces along the loading direction, Figure 5-13. 
Results showed that the load shared by the steel particle increased by 21 % when volume 
fraction varied from 3 % to 10 %. The contribution of interphase was insignificant which 
mainly because of the low thickness of this layer. 
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Figure 5-13 Load sharing capacity of the PLLA/steel composites 
Degradation of the matrix after a while can cause deterioration of the interphase layer 
and then debonding of the particles [242]. Existence of the interfacial debonding can lower 
the strength of the composites and initiate progressive internal damage [243]. Although, 
we did not observe any debonding of particles for the 3D printed composites, due to the 
degradability of PLLA polymer over time, we studied the effect of interfacial defects on 
the performance of 3D printed PLLA/steel composite. In many of the previous studies 
about debonding and the mechanical properties of composites only one specific loading 
circumstance has been considered [243-247]. However, this defect might affect differently 
with respect to the applied loading conditions. In this section the authors have studied the 
contribution of particle bonding strength in different loading scenarios.  
In Figure 5-14, it can be seen that as the particle volume fraction increased to 10 %, the 
effective elastic modulus of the composite increased by 31 %. Moreover, it can be seen 
that under this loading condition, debonding of the particles tremendously reduce the 
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elastic modulus and loading capacity. It is depicted that the obtained values for imperfect 
bonded particles for all the specimens are lower than that for pure PLLA polymer. This can 
reveal the importance of manufacturing process of the metallic particle composites and the 
strength of particle attachments can determine the strength of produced composites. A 
comparison of the composite with 10 % of particles shows that bonding defects can reduce 
its elastic modulus by 70 %, while this difference for PLLA/steel with 5 % and 3 % of 
particles is 29 %, and 17 %, respectively. This proves when degradation of PLLA occurs 
those composites with higher initial elastic modulus will be the weakest ones which can be 
accounted as a limitation for embedding higher volume fraction of particles [242].  
 
Figure 5-14 the effective elastic modulus of composite under tensile loading 
The obtained values of Elastic modulus under uniaxial compressive load is depicted in 
Figure 5-15. As it is expected, imperfect bonding condition plays a minimal role in variation 
of elastic modulus. Comaretively, all the PLLA/steel composites have higher elastic 
modulus than pure PLLA. The largest reduction of elastic modulus can be seen for 
PLLA/steel with 10 % of particles which is 7.2 %. This results show when the 3D printed 
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particle composite exposed to the compressive loads, even when PLLA polymer 
degradation occures, the sustainability of the structure is not affected largely.  
 
Figure 5-15 the effective elastic modulus of composite under compressive loading 
Figure 5-16 shows the Elastic modulus for the PLLA/steel composites under shear 
loading. The stiffness degradation is also demonstrated which is directly related to the 
number of particles in PLLA matrix. It can be seen that PLLA/steel with 10 % of particle 
fraction increased the shear modulus of PLLA polymer up to 26%. In addition, in the worst 
case, debonding of particles could decrease the shear modulus down to 36 %.  
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Figure 5-16 the effective elastic modulus of composite under shear loading 
In order to have a sharper understanding of the contribution of bonding strength of 
particles faced different loading conditions, we plotted the stress distribution for the 
PLLA/steel composite with volume fraction of 3 %, Figure 5-17. It can be seen that when 
the specimen is exposed tensile load, the induced stresses on sides of the particles dropped 
considerably and as a result the structure’s stiffness decreased and could not withstand the 
imposed load. On the other hand, in the midst of compression the contact between particles 
and matrix transmit the applied load throughout the specimen, although there is a small 
drop of stress values on top and bottom of the particles due to the debonding. Finally, for 
the shear deformation, detachment of particles at the angle of 45 and 275 with respect to X 
axis is observable.  
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Figure 5-17 Stress distribution of PLLA/steel composite with volume fraction of  3% under different 
loading scenarios (imperfect bonding) 
 
 Conclusion 
In this paper we manufactured a 3D printed PLLA/steel particle composite by using 
fused filament fabrication method. At the next step, nano-indentation tests were 
conducted in order to characterize the mechanical properties of the composite. At the last 
step, a RVE model was generated to determine the elastic modulus of the composite. The 
following conclusions can be extracted: 
• The elastic modulus of 3D printed composite with 10 % of particles was 31 % 
higher than that for the pure PLLA polymer.  
• Perfect bonding of particles was observed for almost all of the samples which 
stem from the 3D printing method.  
• The measured thickness of interphase was considerably lower than the diameter 
of particles, and a sharp variation of the elastic modulus was observed around 
the particle’s edge. 
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• The sharing load of particles in the composite with 10 % of particles is 
approximately 60 %, whereas this value for the composites with less than 10 % 
of particles is lower than 50 %.  
• Degradation of interphase can reduce the elastic modulus of the composite by 
70 % and 7% under tensile and compressive loads, respectively.  
• Shear modulus of the composite with 10 % of particles decreases by 36 % when 
debonding occurs. In this case the shear modulus of the composites is lower than 
that for the pure PLLA polymer. 
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6 Chapter 6: Micromechanical Analysis of Bioresorbable PLLA/Mg 
composites coated with MgO: effects of particle weight fraction, 
particle/matrix interface bonding strength and interphase 
 
 Introduction 
Bioresorbable polymers, such as poly-L-lactic acid (PLLA), has been extensively used 
in biomedical applications because of its resorption. Specifically the PLLA are attracting 
increased attention for vascular stent [1]. The first-generation bioresorbable coronary stent 
was released by Abbott vascular in 2016. However, the disadvantages of these polymers 
are the inferior mechanical performance, compared to conventional stents made of stainless 
steel or other metallic materials.  Relatively low stiffness of the PLLA stent resulted in a 
bulky strut profile, which might affect the occurrence of complications following stenting 
[2]. Kastrati et al. showed that the stent with a thinner strut was associated with a significant 
reduction in angiographic and clinical restenosis after coronary artery stenting [3].  
The particle reinforced composites offer the potential to overcome the low stiffness of 
bioresorbable polymers [4]. Misra et al. developed a poly-L-caprolactone (PCL) stent 
reinforced with graphene nanoparticles [2].  It was reported that the presence of 4 wt% 
graphene nano plates enhanced the Young’s modulus of the PCL polymer by 53 %. Jang 
et al. fabricated the PLGA composite reinforced by magnesium hydroxide particles 
Mg(OH)2 with various shapes [5]. It was found that Mg(OH)2 fiber provided much more 
mechanical strength due to the large aspect ratio and surface area, which would enhance 
the molecular interactions and chemical reactivity. Osman et al. also showed that particles 
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with large aspect ratio could boost the mechanical properties [6]. On the other hand, 
bioresorbable reinforcements with a larger surface area to volume ratio would promote the 
degradation rate and cause detrimental effects on the mechanical properties of composite 
[7].  
 The PLLA polymer reinforced by Mg particles have drawn attentions due to desirable 
mechanical enhancement [8]. However, the PLLA/Mg composites with 10 % of weight 
fraction exhibited a lower stiffness than the pure PLLA after 28 days of placement, due to 
the faster degradation of Mg particles than the pure PLLA [9]. When the Mg was used as 
reinforcement, its fast degradation rate was generally inhibited by various surface 
modification methods [10], such as the deposition of a coating by microarc oxidation 
treatment [11], polycaprolactone coating [12], calcium phosphate (CaP) [13], [14].  A 
systematic study on the role of Mg, especially its coating was needed for designing a 
desirable biodegradable PLLA/Mg stent.  
In this work, we combine the computational the Mori-Tanaka approach [15] with the 
local characterization of the finite element method [16] to quantify the micromechanical 
behavior of the PLLA/Mg composites. A 3D representative volume element (RVE) 
containing randomly distributed Mg particles was developed to estimate the local and 
global response of PLLA/Mg composites. The influences of particle weight fraction, 
imperfect bonding between particle and polymer matrix, and MgO coating will be 
examined in terms of effective Young’s modulus and yield strength of the composites as 
well as the local mechanics.  
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 Material and Methods 
Micromechanical analysis can provide researchers with a range of information on the 
local and global properties of composite materials [17]. In FEA of randomly reinforced 
composites, generating homogenous and isotropic RVEs is the main factor in estimating 
the behavior of models accurately [18, 19]. Hereby, the configuration of the PLLA/Mg 
composite was represented by a three-dimensional RVE with a length of 123 µm each side, 
as shown in Figure 1. The Mg particles were randomly distributed within the PLLA 
polymer matrix. The spherical shape of Mg particles with a radius of 12.3 µm were adopted 
from the published measurements using a Malvern 2000 laser-scattering particle size 
analyzer [7]. The Young’s modulus of the Mg particle was 44 GPa and Poisson’s ratio was 
0.35 [20].  The MgO coating between Mg particles and PLLA matrix had the Young’s 
modulus of 330 GPa and a Poisson’s ratio of 0.37[21]. The relative coating thickness, i.e., 
coating thickness vs. Mg radius, were varied from 0.2 to 0.5 in an increment of 0.1. The 
PLLA polymer had a Young’s modulus of 2.26 GPa and a Poisson’s ratio of 0.3 [22]. A 
range of weight fraction from 1% to 15 % was considered to evaluate the load sharing 
capacity of Mg reinforcements.  
The model was meshed with quadratic tetrahedral elements and the element size of 2 
µm were chosen. Uniaxial compression in Y-direction was applied by a displacement of 
10 µm. A Periodic boundary condition was adopted [23]. Perfect bonding was considered 
at the interface between the Mg and the MgO. The imperfect bonding was assumed with a 
tangential sliding with the friction coefficient of 0.2 in other cases.   
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Figure 6-1 Three-dimensional representative volume element at different weight fractions of Mg 
particles.   
 
 Results 
6.3.1 Model validation 
The effective Young’s modulus of the PLLA/Mg composite obtained from our RVE 
models was compared against the results from the published indentation testing results [9] 
as well as the analytical solution from the Mori-Tanaka approach [15]. 
 The principle of the Mori-Tanaka approach is that the average strain in the particles 
of a two-phase material could be estimated by the solution for a single particle embedded 
in an infinite medium subjected to a remote uniform stain within the matrix [24]. The 
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effective Young’s modulus (Ee) for a composite reinforced by spherical particles was 
calculated as the following: 
𝐸𝑒 =
9𝐾𝑐?̃?𝑐
3𝐾𝑐 + ?̃?𝑐
 (1) 
𝐾𝑐 = 𝐾𝑚 +
𝑉𝑝𝐾𝑚(𝐾𝑝 − 𝐾𝑚)
𝐾𝑚 + 𝛽2(1 − 𝑉𝑝)(𝐾𝑝 − 𝐾𝑚)
 (2) 
?̃?𝑐 = ?̃?𝑚 +
𝑉𝑝?̃?𝑚(?̃?𝑝 − ?̃?𝑚)
?̃?𝑚 + 𝛽1(1 − 𝑉𝑝)(?̃?𝑝 − ?̃?𝑚)
 (3) 
𝛽1 =
2(4−5𝜈𝑚)
15(1−𝜈𝑚)
 , 𝛽2 = 3 − 5𝛽1                                                                               (4)    
where ?̃? and  ?̃? denote the bulk modulus and shear modulus. The subscripts “m” and 
“p” stand for the matrix and particles, respectively. Also,  𝑉𝑝 is the volume fraction of 
particle, i.e., the weight fraction multiplied by the ratio of the matrix to particle density. 𝜈 
is the Poisson’s ratio.  
Figure 6-2 depicts the comparison among our RVE models, published experiments, 
and the analytical solution from the Mori-Tanaka approach. It is clear that our model 
predictions are congruous with the experimental data as well as the analytical derivations. 
The maximum variation among three different approaches was less than 9 %, which 
occurred at the Mg weight fraction of 15%. Moreover, as the Mg weight fraction increased 
from 1% to 15%, the effective Young’s modulus of the composites increased by 28.9 %.  
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Figure 6-2 Comparison of the effective Young’s modulus (Ee) obtained from the representative volume 
element model, experimental data, and the analytical derivations from the Mori-Tanaka approach.  
6.3.2 Effect of bonding condition at the PLLA/Mg interface 
   During the fabrication process of PLLA/Mg composites, There existed thermal 
degradation and hydrolysis of PLLA [9] and potential deterioration of bonding strength 
between PLLA and Mg.  Two bonding conditions at the PLLA/Mg interface were then 
considered. One was with the perfect bonding, and the other allowed tangential sliding with 
a friction coefficient of 0.2, hereby referred to as the imperfect bonding.  
The effective Young’s modulus and yield strength were obtained as shown in Figure 
6-3. A profound enhancement of effective Young’s modulus was observed for PLLA/Mg 
with the perfect bonding. However, the imperfect bonding between Mg particles and PLLA 
matrix resulted in a diminished modulus. Specifically, the effective Young’s modulus of 
the composite with 15 wt% of Mg, compared with the one with 1 wt% of Mg, increased 
approximately 28.9 % and 15.24 % for the perfect and imperfect bonding conditions, 
respectively. Moreover, the imperfect bonding reduced caused 2.7 % decrease in the yield 
strength of the composites as the wt% of Mg increased from 1% to 15%. On the contrary, 
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the perfect bonding condition enhanced the composite’s yield strength. The 15 wt% of Mg 
could strengthen the yield strength of the composites by 9.5 %. 
 
(a) 
 
(b) 
Figure 6-3 The effect of bonding intensity on (a) Effective Young’s modulus; (b) and yield strength of PLLA/Mg 
composites. 
The observed responses of the composite for different bonding conditions was 
further illustrated by contour plots of von Mises stress at the PLLA/Mg interface (Figure 
6-4). A continuous stress distribution from the matrix to the inclusion was observed for the 
perfect bonding condition. The peak of the stress was 0.112 GPa, located at the center of 
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the particle. Much smaller stresses were observed in the Mg particle for the imperfect 
bonding, especially at the edge of the particle.   The peak von Mises stress at the center of 
the particle was 0.083 GPa, which is 35 % less than that for perfect bonding. Moreover, 
debonding was clearly visualized at the interface between the Mg particle and the PLLA 
matrix. This led to the abrupt changes of von Mises stress at the interface. At the same 
time, the peak von Mises stress in the matrix was 0.055 GPa, compared to the 0.050 GPa 
for the perfect bonding case. This indicate that the PLLA matrix undertook more loads.  
 
Figure 6-4 Contour plots of Mises stresses (GPa) of PLLA/Mg with Mg (wt. 1%) for perfect and 
imperfect bonding conditions 
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The role of bonding strength on the load-sharing capacity of the PLLA matrix and 
Mg particles was illustrated in Figure 6-5. The load shared by each phase was calculated 
by the integration of all nodal forces along the loading direction (Y-axis). Results 
demonstrated that the load shared by the Mg particles increased 52 %, when Mg weight 
fraction varied from 1 to 15 wt% with the perfect bonding condition. The matrix undertook 
almost the entire loading at 1 wt% of Mg. However, for the imperfect bonding condition, 
the loading sharing capacity of the Mg particles was less efficient, and the matrix have to 
undertake more load. Specifically, the load shared by the 15 wt% of Mg was 61 % 
considering the perfect bonding, while it decreased to 47.5 % for the imperfect bonding 
condition.  
  
Figure 6-5 Effect of bonding strength on the load-sharing capacity of the PLLA/Mg composites, left) 
Perfect bonding; right) Imperfect bonding 
6.3.3 Effect of MgO interphase 
The MgO interphase is a region of finite size between PLLA matrix and Mg particles, 
and it has a different property than two main phases [20].  It was responsible for transferring 
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load from matrix to particle inclusions. The effect of MgO interphase on the effective 
Young’s modulus of the composite was evaluated for different relative thickness (0.2, 0.3, 
0.4, 0.5), as shown in Figure 6-6. The perfect bonding condition at all interfaces was 
considered. It was clear that the MgO interphase layer significantly boosted the stiffness of 
the composites. For the 15 wt% of Mg, the effective Young’s modulus of the PLLA/Mg-
MgO (0.5) was 5.38 GPa, which is 65.6 % larger than that without interphase, and 138% 
larger than that of pure PLLA polymer. The MgO interphase had a much larger influence 
on the composite with a higher weight fraction of Mg.  
The yield strength of the composite was also enhanced with the consideration of MgO 
interphase (Figure 6-7).  For the 15 wt% of Mg, the yield strength of PLLA/Mg-MgO (0.5) 
is 139 MPa and approximately 139 % higher than that without considering the interphase. 
Compared to the pure PLLA polymer, the MgO interphase could boost the yield strength 
of the composite up to 170 %.  
 
Figure 6-6 the influence of MgO coating layer on effective Young’s modulus of the composites with 
different Mg weight fractions. 
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Figure 6-7 the influence of MgO coating layer on the yield strength of the composites with different Mg 
weight fractions. 
 Discussions 
In this work, the effect of Mg particle reinforcement on the PLLA polymer was studied 
through micromechanical modeling. It was well known that particle reinforced composites 
exhibit relatively isotropic properties compared to short fiber or whisker reinforced 
composites. The properties of these composites can be tailored by adjusting fabrication 
techniques with various parameters such as reinforcement particle properties, size, 
distribution, weight or volume fraction, and/or matrix properties [25]. Cifuentes et al. [26] 
fabricated a variety of PLLA/Mg composites and characterized that particle strengthening 
effect decreased with a larger weight fraction of Mg particles. It was speculated that during 
the fabrication process of the composites, Mg particles promote certain degree of thermal 
degradation of PLLA molecules, which counterbalance with the strengthening effect of 
particle weight fraction. For the PLLA/Mg composites with less than 5 wt% of Mg, the 
particle strengthening effect exceeded the thermal degradation effect, which strengthen the 
composites. However, for the PLLA/Mg composites with more than 5 wt% of Mg, the 
thermal degradation effect surpasses the particle strengthening effect, and thus a decrease 
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in the effective modulus of the PLLA/Mg composite. It is necessary to regulate the thermal 
degradation of Mg particles during the fabrication process. The recent work from the same 
group [9] addressed the deterioration effect of Mg particles based on the temperature 
dependency of each phase and demonstrated an improved stiffness for the PLLA/Mg 
composites with more than 5 wt% of Mg.  
In this study,  our computational models were developed based on the published 
experimental evidence [9]. We have considered two level of bonding strength between Mg 
particles and PLLA. The weak bonding mimicked the thermal deterioration effect during 
fabrication process. Our results have shown that the compressive yield strength and 
effective Young’s modulus of the composites with imperfect bonding decreased around 
12.4 % and 16 %, respectively, compared with the perfect bonding conditions.  Moreover, 
the imperfect bonding decreases the level of variation of effective Young’s modulus with 
respect to the weight fraction of particles. This agree with the work by Hua et al. [23], 
which stated that a perfect bonding assumption could lead to an overestimation of the 
effective Young’s modulus of composites.  
Fast degradation rate of magnesium particles is a serious concern for composites with 
more than 10 wt% of Mg. To overcome this drawback, several surface modification 
techniques, including the  chemical deposition and microarc oxidation techniques, have 
been introduced to control the degradation rate of Mg [27]. The long-term in vitro 
degradation behavior of the composites was further examined through the immersion in 
SBF solution for different time periods. It is well known that the overall corrosion reaction 
of magnesium in aqueous solution at its corrosion potential is directly related to the 
released hydrogen gas, caused by chemical reactions. Figure 6-8 shows the cumulative 
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hydrogen gas evolution diagrams for uncoated, MgO-coated and Si/MgO-coated 
microcomposites.  
 
Figure 6-8 Hydrogen evolution during immersion of uncoated, MgO-coated and Si/MgO-coated in SBF 
solution for duration of 168 h [28]. 
The coating layers exhibited its efficiency to decrease the hydrogen evolution 
significantly and thus the degradation rate of Mg particles. Zamani et al. studied 
biodegradable Mg microcomposite coated with MgO in terms of corrosion rate, surface 
characterization, and biocompatibility [28].  
The documented data on the MgO coating focused on the quantification of its role on 
regulating the degradation and corrosion of Mg, our results on the load sharing effect of 
MgO coating provided new insights on the mechanical properties of PLLA/Mg composite.  
Due to its rigidity, it was observed that adding MgO coating with a relative thickness of 
0.5 could increase the effective Young’s modulus of the composite with 15 wt% of Mg 
particles by 138 %. In addition, the yield strength of PLLA/Mg-MgO with 15 wt% of Mg 
particles and a relative thickness of 0.5 is 139 % and 170 % higher than that of PLLA/Mg 
and neat PLLA, respectively.  
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 Conclusions 
The micromechanical analysis of PLLA/Mg composite were performed to quantify 
the effects of particle weight fraction, particle/matrix interface bonding strength, and MgO 
interphase on the mechanical properties of the biodegradable composite. The model was 
validated by the published indentation tests [9] as well as the analytical solution [15]. The 
computational results towards the optimal design of PLLA/Mg composites were 
summarized as:  
• Imperfect bonding of Mg particles could drastically weaken the mechanical 
properties of PLLA/Mg composite. The yield strength was reduced by 12 %. This 
indicated the importance of the fabrication process.  
• The MgO coating or interphase layer between PLLA and Mg was intent to 
mitigate the degradation rate of Mg particles. In addition, it also enhanced the 
effective Young’s modulus and yield strength of the composites by 65.6 %, and 
139 %, respectively.  
• The PLLA polymer reinforced with coated Mg particles can benefit from 138 % 
and 170 % enhancement of its effective Young’s modulus and yield strength, 
respectively.  
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7 Conclusion and future work 
 
Formation of arterial plaque and stenosis is one of the main cardiovascular disease risk 
factors. Stenting is a popular approach to increase the inner diameter of artery and provide 
an acceptable lumen gain. This is achieved by applying internal pressure to the arterial 
wall. Despite the desirable outcomes of this procedure there are complexities and 
challenges that are being discussed among scholars in this area. Occurring restenosis is one 
of the complications in which smooth muscles cell start proliferation and remodeling in 
response of induced mechanical stresses. Another important point of view is the placement 
of stent and possible migration due to the continuous deformation and special contact 
situation between tissue and stent struts. Finally, the mechanical properties of stent and 
application of novel material in order to excel its performance are the critical topics that 
also have been elaborated in the current research work through different chapters. In the 
present work, the relative movement of the braided wires was constrained to mimic the 
covering effect commonly used in commercial esophageal stents. The anatomical details 
of the esophagus including the stellate appearance of the inner esophageal layer was 
simplified as an esophagus tube with a friction coefficient. A range of friction coefficients 
were used depending on relative movement between the stent and the esophageal wall. A 
larger friction coefficient was commonly associated with the less migration risk. The 
feasibility of the model was validated in our previous work. The esophagus was modeled 
as a one-layer tube, although it is assumed as two layer or three-layer wall depending on 
the aim of the study. The detailed configurations of esophageal wall could alter our results 
in terms of magnitudes, but the comparative results between two stent designs was 
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expected to be the same. The material properties of the esophagus and cancerous tissue 
were assumed to be homogeneous isotropic materials, although they are anisotropic. The 
perfect plasticity for cancerous tissue was assumed due to lack of experimental data. More 
realistic models considering patient-specific geometry and anisotropic three-layered 
esophageal wall properties would change the contact force and the migration resistance 
force. The existence of pre-stretch along axial and circumferential directions at 
physiological conditions as well as the esophageal muscle contraction were not explicitly 
incorporated in our model, we speculate that the both pre-stretch and wall contraction were 
associated with the reduced friction between stent and esophagus, and thus a higher 
migration rate. Despite these simplifications, this work demonstrated the importance of the 
stent design on the risk of migration, which might have significant clinical implications. 
This work could be used to provide a fundamental understanding of the behavior and 
impact of stent design on the esophageal wall, provide guidance for optimizing stent shape 
and surface profiles, and illuminate the possibilities for exploiting their potential to prevent 
migration.   
Another complication about stenting is restenosis which can be related to the 
mechanical response of VSMC. In view of VSMCs cytoskeleton, it was noted that stress 
fibers have the major contribution in VSMCs contraction, however, microtubules and 
intermediate filaments can indirectly affect contractility of the cells. In addition, the 
cytoskeleton responses are strongly related to the interaction of integrin receptors and 
extracellular matrix. VSMCs alter their proliferation and contractility or change their 
phenotype with respect to the mechanical environment, such as 2D or 3D ECM, and level 
of cyclic strains. Specifically, the cultured VSMCs change their phenotype compared with 
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in vivo conditions. The responses of VSMCs subjected to cyclic loading is dependent on 
the time period of the applied load. The mechanics of VSMCs could be better delineated 
using numerical simulation. The interaction between collagen and non-fibrillar matrix, 
alignment and recruitment of collagen fibers and induced stresses in VSMCs during 
extension have been elucidated.  However, the load sharing capacity of VSMCs in Lamellar 
unit as well as the influence of phenotype changing on the VSMCs contribution in arterial 
stiffness remained to be determined. The focus of this review work was on the tunica media 
as this layer is the thickest one and has the greatest contribution on the arterial stiffness. 
However, the contribution of tunica adventitia and intima, which are placed on the outer 
and inner sides of the tunica media, should not be neglected. Adventitia is the strong outer 
coverage which composed of connective tissue as well as collagen and elastin fibers. These 
fibers prevent the arterial wall from overexpansion. The most abundant cell type in 
adventitia is the fibroblast, which synthesize the extracellular matrix and collagen fibers. 
The stiffness of fibroblast cell has been measured between 1-27 kPa. This range is 
comparable with VSMCs in relaxed state; however, the number of fibroblasts is much 
smaller than VSMCs in arterial wall (due to the large thickness of tunica media) which 
decreases their contribution in the total arterial stiffness. One the other side, intima is 
composed of an elastic membrane lining and endothelium (an exceedingly thin single sheet 
of endothelial cells). The mechanical contribution of endothelium is not significant 
(stiffness between 1-2 kPa), however, endothelial cell signaling plays an important role in 
contraction and relaxation of VSMCs and arterial stiffness. 
Moreover, we have developed an RVE model based on the lamellar unit of the media 
layer in the aortic wall. The developed model helped us to distinguish the load sharing 
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capacity of fibrous and non-fibrous parts of the LU. In addition, micro-structural variation 
of the LU was analyzed, and the corresponding macro-structural behavior was studied 
through multi-scale modeling of the aortic wall. Our results showed that the VSMC can 
take up to 30 % of the applied load when contracted. It is known that the relaxed VSMC is 
around 10 times softer than the contracted one, which affects its contribution in load 
sharing of the LU. On the other side, the contribution of collagen fibers at low stretch levels 
was negligible but became predominant when straightened in high stretches. The obtained 
uniaxial response of the LU was validated against the previous experimental data. The 
macro-scale model of the aorta allowed us to evaluate the arterial expansion with respect 
to the micro-structural variation of the lamellar unit. Finally, aging effects by collagen 
deposition was modeled and aortic dilation was estimated. It was revealed that stiffening 
of the VSMC when the aorta is exposed to high pressure does not affect the aortic stiffness 
but is mainly controlled by collagen fibers. Our findings can shed some light about the 
contribution of VSMCs in arterial stiffness which has been under debate in recent years. 
In addition, we manufactured a 3D printed PLLA/steel particle composite by using 
fused filament fabrication method. At the next step, nano-indentation tests were conducted 
in order to characterize the mechanical properties of the composite. At the last step, a RVE 
model was generated to determine the elastic modulus of the composite. The elastic 
modulus of 3D printed composite with 10 % of particles was 31 % higher than that for the 
pure PLLA polymer. Also, Perfect bonding of particles was observed for almost all of the 
samples which stem from the 3D printing method. The measured thickness of interphase 
was considerably lower than the diameter of particles, and a sharp variation of the elastic 
modulus was observed around the particle’s edge. The sharing load of particles in the 
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composite with 10 % of particles is approximately 60 %, whereas this value for the 
composites with less than 10 % of particles is lower than 50 %. Degradation of interphase 
can reduce the elastic modulus of the composite by 70 % and 7% under tensile and 
compressive loads, respectively. Shear modulus of the composite with 10 % of particles 
decreases by 36 % when debonding occurs. In this case the shear modulus of the 
composites is lower than that for the pure PLLA polymer. 
The micromechanical analysis of PLLA/Mg composite were performed to quantify the 
effects of particle weight fraction, particle/matrix interface bonding strength, and MgO 
interphase on the mechanical properties of the biodegradable composite. The model was 
validated by the published indentation tests as well as the analytical solution. Imperfect 
bonding of Mg particles could drastically weaken the mechanical properties of PLLA/Mg 
composite. The yield strength was reduced by 12 %. This indicated the importance of the 
fabrication process. The MgO coating or interphase layer between PLLA and Mg was 
intent to mitigate the degradation rate of Mg particles. In addition, it also enhanced the 
effective Young’s modulus and yield strength of the composites by 65.6 %, and 139 %, 
respectively. The PLLA polymer reinforced with coated Mg particles can benefit from 138 
% and 170 % enhancement of its effective Young’s modulus and yield strength, 
respectively. 
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